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Understanding cardiac pumping function is crucial to guiding diagnosis, predicting 
outcomes of interventions, and designing medical devices that interact with the 
cardiovascular system. In turn, better diagnostics and treatment of cardiovascular function 
would improve the prognosis of cardiovascular diseases, which account for 31% of all 
global deaths. The heart and the vascular system are strongly coupled, and changes in 
arterial properties that occur with age and in the presence of pathologies have a significant 
impact on cardiac function. Because of the complexity of the cardiovascular system and the 
diversity of disease processes, it is not always possible to understand the role played by 
each part of the system in the final outcome. Computer simulations of hemodynamics can 
show how the system is influenced by changes in single or multiple cardiovascular 
parameters and can be used to test clinically relevant hypotheses. In addition, methods for 
the detection and quantification of important markers such as elevated arterial stiffness 
would help reduce the morbidity and mortality related to cardiovascular disease. 
The general aim of this thesis work was to improve understanding of cardiovascular 
physiology and develop new methods for assisting clinicians during diagnosis and follow-
up of treatment in cardiovascular disease. Both computer simulations and medical imaging 
were used to reach this goal. 
In the first study, a new cardiac model based on piston-like motions of the atrioventricular 
plane was developed in order to deepen the understanding of the forces responsible for 
filling and emptying of the cardiac chambers. In the second study, the presence of the 
anatomical basis needed to generate hydraulic forces during diastole was assessed in 
heathy volunteers. In the third study, a previously validated lumped-parameter model was 
used to quantify the contribution of arterial and cardiac changes to blood pressure during 
aging. In the fourth study, in-house software that measures arterial stiffness by ultrasound 
shear wave elastography (SWE) was developed and validated against mechanical testing. 
The studies showed that longitudinal movements of the atrioventricular plane can well 
explain cardiac pumping and that the macroscopic geometry of the heart enables the 
generation of hydraulic forces that aid ventricular filling. Additionally, simulations showed 
that structural changes in both the heart and the arterial system contribute to the 
progression of blood pressure with age. Finally, the SWE technique was validated to 
accurately measure stiffness in arterial phantoms. Future ex vivo and in vivo studies are 
needed to determine the technique’s sensitivity and applicability to clinical measurements. 
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Förståelsen av hjärtats pumpmekanism är central för att kunna ställa diagnos, förutsäga 
behandlingseffekter och för att kunna utveckla medicinteknisk utrustning inom 
kardiovaskulär sjukvård. I sin tur skulle bättre diagnostik och behandling kunna förbättra 
prognosen för hjärt- och kärlsjukdomar, vilka orsakar 31 % av alla dödsfall i världen. 
Hjärtat och kärlsystemet är sammankopplade och förändringar i blodkärlens egenskaper i 
samband med åldrande och sjukdom påverkar hjärtats funktion signifikant. Det 
kardiovaskulära systemets komplexitet och mångfalden av sjukdomar gör att det inte alltid 
är möjligt att förstå hur en enskild del av systemet påverkar helheten. Datorbaserade 
simulering av hemodynamik har förmågan att visa hur hela systemet påverkas av 
förändringar i en enskild eller flera kardiovaskulära parametrar samtidigt. På så sätt kan 
man testa kliniska hypoteser om sjukdomar eller deras behandling. På liknande sätt kan 
nya metoder för att detektera och kvantifiera kärlstyvhet också tänkas bidra till att minska 
sjuklighet och dödlighet relaterad till hjärt- och kärlsjukdomar.     
Det allmänna syftet med denna avhandling är att förbättra förståelsen av hjärt- och 
kärlsystemets fysiologi samt att utveckla nya metoder för att kunna stödja klinikerna med 
diagnostik, behandling och uppföljning av hjärt- och kärlsjukdomar. Både datorbaserade 
simuleringar och medicinsk bildteknik användes för att nå detta mål. 
I den första studien utvecklades en modell av hjärtats pumpmekanism baserad på den 
kolvliknande rörelsen av det atrioventrikulära planet (AV-planet) mellan hjärtats bägge 
förmak och kammare. Syftet med modellen var att utveckla förståelsen av krafterna som 
verkar när hjärtrummen fylls och töms. I den andra studien utvärderades om hjärtats 
anatomi skapar förutsättningar för att generera en hydraulisk kraft under hjärtats 
fyllnadsfas (diastole) hos friska frivilliga försökspersoner. I den tredje studien användes en 
tidigare validerad modell för att bestämma hur mycket förändringar i hjärtat och 
kärlsystemet medverkar till blodtryckets förändringar under åldrande. I fjärde studien 
utvecklades en egen mjukvara för att kunna mäta kärlstelhet med användning av den 
ultraljudsbaserade tekniken skjuvvågselastografi (Shear wave elastography − SWE), som 
sedan validerades med experimentell mekanisk testning.   
Studierna visade att de longitudinella rörelserna hos AV-planet väl kan förklara hjärtats 
pumpförmåga och att hjärtats egen geometri ger förutsättningar för att generera 
hydrauliska krafter som understödjer kammarens fyllnad. Dessutom visade simuleringar 
att strukturella förändringar i hjärtat och kärlsystemet bägge påverkar ändringar i 
blodtryck med ålder. Till sist, visades att SWE-tekniken med noggrannhet kunde mäta 
stelheten i kärlfantomer. Ytterligare ex vivo- och in vivo-studier behövs för att avgöra om 












Comprendere il meccanismo attraverso il quale il cuore assolve la sua funzione di 
pompaggio è fondamentale per poter aiutare la diagnostica, predire il risultato dei 
trattamenti e progettare strumentazioni biomedicali che interagiscano opportunamente 
con il sistema cardiovascolare. Migliori strumenti di diagnosi e per il trattamento della 
funzione cardiovascolare possono migliorare la prognosi delle malattie cardiovascolari, le 
quali causano il 31% delle morti a livello globale.  
Il cuore e il sistema vascolare sono fortemente interconnessi. Di conseguenza cambiamenti 
strutturali delle proprietà delle arterie, che occorrono con l’età e in presenza di patologie, 
hanno un impatto importante sulla funzione cardiaca. A causa della complessità del 
sistema cardiovascolare e della varietà dei processi patologici, non è sempre possibile 
comprendere il ruolo di ciascuna parte del sistema nel funzionamento complessivo. 
Simulazioni al computer di emodinamica hanno la capacità di mostrare come il sistema sia 
influenzato dal cambiamento di un singolo o di molteplici parametri cardiovascolari. Le 
simulazioni permettono anche di testare ipotesi di rilievo clinico. In aggiunta, metodi per 
misurare marker importanti, come un’elevata rigidezza delle arterie, possono aiutare a 
ridurre la morbilità e la mortalità associate alle malattie cardiovascolari.  
L’obiettivo generale del lavoro presentato in questa tesi è stato quello di migliorare la 
comprensione della fisiologia dell’apparato cardiocircolatorio e sviluppare nuovi metodi 
per aiutare i medici durante il processo di diagnosi e di monitoraggio dei trattamenti delle 
malattie cardiovascolari. Per raggiungere quest’obiettivo sono state utilizzate sia 
simulazioni al computer che tecniche di diagnostica per immagini. 
Nel primo studio è stato sviluppato un modello cardiaco basato sui movimenti del piano 
atrioventricolare, i quali possono essere paragonati a quelli di un pistone. L’obiettivo del 
modello è stato quello di migliorare la comprensione delle forze responsabili del 
riempimento e dello svuotamento dei ventricoli. Nel secondo studio è stato valutato in 
volontari sani se l’anatomia stessa del cuore è tale da generare delle force idrauliche che 
possano agevolare la fase diastolica. Nel terzo studio è stato utilizzano un modello a 
parametri concentrati precedentemente validato per quantificare il contributo dei 
mutamenti strutturali a livello arterioso e cardiaco sui cambiamenti della pressione 
sanguigna durante l’invecchiamento. Nel quarto studio è stato sviluppato un software 
basato sulla tecnica dell’elastografia delle onde di taglio (Shear wave elastography − SWE) 
in grado di misurare la rigidezza delle arterie da segnali ecografici. La tecnica è poi stata 
validata con un confronto con test meccanici. 
Gli studi hanno mostrato che i movimenti longitudinali del piano atrioventricolare sono in 
grado di spiegare la funzione di pompaggio cardiaco e che la stessa geometria del cuore 
genera forze idrauliche che agevolano il riempimento dei ventricoli. Inoltre, le simulazioni 
hanno mostrato che cambiamenti strutturali sia del cuore sia delle arterie contribuiscono 
ai cambiamenti di pressione sanguigna che si manifestano con l’età. Infine, la tecnica SWE 
ha mostrato di poter accuratamente misurare la rigidezza di fantocci di arterie. Tuttavia, 
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ulteriori studi ex vivo ed in vivo sono necessari per determinare se la tecnica può essere 
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ASA  Atrial short-axis area 
ARF  Acoustic radiation force 
AV   Atrioventricular 
C  Total arterial compliance 
CMR   Cardiovascular magnetic resonance 
CT  Computer tomography 
DAE  Differential algebraic equation 
Ees  End-systolic elastance 
Eed  End-diastolic elastance 
E(t)   Time-varying elastance 
ECG   Electrocardiogram  
EF  Ejection fraction 
fMRI  Functional magnetic resonance imaging 
F/T  Freeze-thaw 
IQ  In-phase and quadrature 
L  Total inertance 
LA  Left atrium 
LV  Left ventricle 
MAPSE  Mitral annular plane systolic excursion 
MRI   Magnetic resonance imaging 
ODE  Ordinary differential equation 
Ped   End-diastolic pressure 
PET  Positron emission tomography 
PRF  Pulse repetition frequency 
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PWV  Pulse wave velocity 
R  Vascular resistance 
RMSE  Root-mean-square error 
ROI  Region of interest 
SWE   Shear wave elastography 
TAPSE  Tricuspid annular plane systolic excursion 
VSA  Ventricular short-axis area 
VSAEndo Ventricular short-axis endocardial area 
VSAEpi  Ventricular short-axis epicardial area 
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Why is it important to know how the heart works? While I have heard this question many 
times, I never personally felt the need for a detailed answer. Simply, I thought it was 
important because humans are curious about nature and want to know how things work. 
After some time, however, I realized that this was not a good enough reason for many 
others in the field of applied clinical sciences and I looked for more structured answers. I 
found out that there are plenty of reasons to be interested in knowing about how the heart 
works. We cannot recognize faults, or repair or improve a system if we do not know how it 
works. We would never repair a car if we did not know how it functions in the first place. 
Just looking at the differences between a well-functioning car and a poorly-functioning car 
will not necessarily help us to know how to repair it. How can we properly diagnose 
cardiovascular disease if we do not know what to measure, why we measure it and what a 
specific index means? This is why we still need to perform basic research on the heart and 
the cardiovascular system, that is, so that we can reduce the negative effects of 
cardiovascular disease, which remains the main cause of death in the world [1]. This goal is 
challenging because the heart and the vascular tree form a complex system whose behavior 
might be difficult to predict. Nevertheless, integrated knowledge of biology, chemistry and 
physics can help us to explore and understand the main functioning mechanisms of this 
important and fascinating system. 
Mathematical models of hemodynamics were introduced as early as in the 19th century 
and were used to explain the arterial blood pressure wave form over time. An example of 
such models is the mathematical formulation of the Windkessel effect formalized by Otto 
Frank [2]. Frank’s model was particularly useful in explaining the blood pressure decay 
during diastole [3]. Decades later, the advent of numerical simulations made it possible to 
solve the model’s governing equation in an automatic manner [4], which increased the 
model’s usability and complexity. Nowadays, many different models of the cardiovascular 
system are used to understand physiological and pathological processes, complementing 
the information provided by medical imaging and that acquired through other noninvasive 
means. This has shown to be very useful in both diagnostics and treatment planning [5]. 
Furthermore, modeling and simulations are also a valuable educational tool [6,7]. In the 
future, one goal is to use simulations of hemodynamics as a decision-making aid in clinical 
diagnostics and therapeutics. To date, several advanced cardiovascular models have been 
developed for multiple purposes [7–12]. However, some features of cardiac pumping such 
as the longitudinal movements in the atrioventricular (AV) region [13,14] are not often 
included in cardiac models. Modeling these features of cardiac pumping would improve the 
capability of the models to correctly reproduce cardiac physiology. Additionally, modeling 




The use of medical imaging has substantially changed medical diagnostics and treatments. 
In fact, the currently available technology gives us the possibility to obtain images of the 
interior structures of the human body without invasive interventions. Medical images 
primarily show the anatomy or motion patterns of different organs, and are often obtained 
using ultrasound imaging, magnetic resonance imaging (MRI) and computer 
tomography (CT). In recent decades, many imaging techniques have also aimed at 
capturing the organs’ functions, for example, using images obtained with positron 
emission tomography (PET) or functional MRI (fMRI). Specifically, PET images show 
tissues’ metabolic activity and fMRI images show regions of brain activity by identifying 
the areas of the brain with higher blood flow. In order to provide clinically useful 
information, new and ingenious uses of medical imaging techniques are being suggested 
and developed. Among these, elastography is an emerging and fast-growing field of 
medical imaging that aims at providing clinicians with a tool for characterizing tissues’ 
mechanical properties [15]. For centuries, clinicians have used manual palpation to feel 
abnormalities in the body, since healthy and pathological tissues often have different 
stiffness values. However, palpation is highly subjective and cannot be applied deep in the 
body. Elastography aims at substituting the palpation technique by providing quantitative 
measurements of tissue stiffness. Among other clinical applications, elastography offers 
many exciting possibilities in the cardiovascular field, where it could be used to assess 
arterial [16–21] and myocardial stiffness [22–24]. Nevertheless, further technique 
development and validation is needed before applying cardiovascular elastography in 
clinical routines. 
This thesis, titled “Imaging and modeling the cardiovascular system,” aims at using 
engineering tools, such as modeling of hemodynamics and elastography to better 
understand the cardiovascular system and to measure indexes that are relevant for the 
early diagnosis of cardiovascular disease. The specific motivation for each of the four 
studies presented in this thesis will be described in the following section. These 
motivations are tightly connected to the aims of the studies, as stated in Chapter 2. 
1.1 Motivations 
Study I  Clinical imaging and scientific studies have proven that the heart pumps by 
means of minor outer volume changes and back-and-forth longitudinal 
movements in the AV region [13,14]. The magnitude of AV-plane 
displacement has also been shown to be a reliable index for diagnosis of 
heart failure [25,26]. Despite this, AV-plane displacement is usually omitted 
in cardiovascular modeling. 
Study II Mechanisms involved in diastolic filling are not fully understood and are an 
active area of research [27–32]. Hydraulic forces have been previously 
hypothesized to contribute to diastolic filling [33–35]. To generate a net 
hydraulic force in the apex-to-base direction, a difference in short-axis area 
between the left atrium (LA) and the left ventricle (LV) is required. 
However, in vivo assessment and comparison of the LA and LV short-axis 





Study III Increases/decreases in blood pressure with age are commonly explained by 
changes in the arterial system alone [36]. However, changes in arterial 
stiffness and vascular resistance that result in a systolic pressure increase 
induce ventricular remodeling, consequently affecting cardiac structure and 
function [37–39]. Cardiac hypertrophy resulting from these arterial changes 
is widely recognized and reported; however, the effects of the hypertrophy 
on blood pressure during aging have not been systematically quantified. 
Study IV An increase in arterial stiffness is an important risk factor for cardiovascular 
events, as can be predicted and understood by mechanical and 
hemodynamic principles [36] and demonstrated by numerous clinical 
studies [40–42]. The ultrasound-based technique shear wave elastography 
(SWE) has been suggested for quantitative measurements of local arterial 
stiffness at multiple times during the cardiac cycle [16,17]. However, the 
accuracy of arterial SWE compared with an independent reference method 




1.2 Thesis outline 
The thesis is divided into 11 chapters. After this short introduction, where the motivation 
for the thesis work is explained, the aims are presented in Chapter 2. Chapter 3 includes 
references to the four publications on which this thesis is based and statements about the 
contributions of the different authors to each study. Chapter 4 gives an overview of the 
background needed to understand the work presented in the thesis. Specifically, this 
chapter introduces the reader to cardiovascular physiology and the general principles of 
cardiovascular modeling and imaging. I wish to recommend the reading of the sections 
about the heart, even to the expert reader, because some key aspects of cardiac pumping 
that are omitted in many physiology books will be described. The methodologies used and 
the contributions made to this specific thesis work are described in Chapter 5. The main 
results are presented in Chapter 6 and discussed in Chapter 7. The main conclusions and 
suggested future work are presented in Chapters 8 and 9, respectively. Chapter 10 includes 
a list of other scientific contributions that are not presented in this thesis. The references 









The general aim of this thesis was to improve our understanding of cardiac function and 
cardiovascular aging, and to develop methods for the early detection of atherosclerosis. 
Both computer simulations and medical imaging were used to reach this goal. The specific 
aim for each study was as follows: 
Study I To develop a cardiac model based on the pumping action generated by the 
longitudinal movements of the AV plane. 
Study II First, to construct a physical model of the left ventricle and left atrium 
showing the action of hydraulic forces in ventricular filling. Second, to 
assess the presence of the anatomical basis needed to generate hydraulic-
forces in healthy individuals by measuring left atrial and left ventricular 
short-axis areas with MRI. 
Study III To quantify the contribution of the heart and the arterial system to blood 
pressure changes during normal aging by using a validated 
lumped-parameter model and comparing simulation results with 
population data. 
Study IV To develop in-house software and experimental setup for arterial SWE 
measurements, and to assess the accuracy of the technique by comparison 
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4  Background 
 
4.1 Cardiovascular physiology 
4.1.1 The heart 
Incredibly enough, there is a muscular organ in our body that incessantly contracts and 
relaxes with no rest during our entire lifetime: the heart. This essential organ serves a 
major function, i.e. it enables the circulation of blood within the closed cardiovascular-
system loop. The blood is the carrier of all vital substances that organs, tissues and single 
cells need. Among these substances we can find nutrients, oxygen and signaling molecules 
that behave as messengers and convey information between different parts of the body. 
The blood also carries carbon dioxide and waste products to their elimination points. 
Without the blood’s continuous circulation, no organ of the body could perform its tasks 
and no dangerous substance could be expelled. 
The human heart is located in the 
middle of the chest (Figure 4.1), 
behind the sternum and slightly 
shifted to the left. It is approximately 
the size of a clenched fist and 
normally weighs between 148 to 296 g 
in women [43] and from 233 to 383 g 
in men [44]. The tip of the heart is 
called the apex and the region of the 
heart opposite the apex is called the 
base. The base represents the upper 
border of the heart and includes the 
left atrium, part of the right atrium, 
and the proximal portions of the great 
vessels. Neither the apex nor the base 
moves to a large extent during the 
heart cycle [14]. 
As can be seen in Figure 4.1, the heart 
is surrounded by a fibrous double-
walled sac, called the pericardium, 
and many other structures, such as 
the lungs, the diaphragm, the 
sternum and the ribs. The movements 
of the heart are largely limited by 
these surrounding tissues and 
structures. However, some directions 
of   motion    are   facilitated    by    the  
 
 
Figure 4.1 – Overview of the heart’s anatomy and 
surrounding structures in situ. The heart is enclosed in 
the pericardium, leans against the diaphragm, is 
surrounded by the lungs and protected by the rib cage. 
The base and the apex of the heart do not move to a 
large extent during the cardiac cycle. 




pericardium itself. In fact, between the pericardial layers there is a cavity (the pericardial 
space in Figure 4.2), where pericardial fluid is secreted and acts as a lubricant. The 
pericardial fluid secretion allows the epicardium to glide along the pericardium with minor 
energy losses [45,46]. The heart is organized into two separated, but interconnected sides 
functioning at different pressure levels, as shown in Figure 4.3. The left side of the heart 
pumps blood into the systemic circulation, which reaches the entire body and requires high 
pressures to overcome losses throughout its widely spread network. The pressure loss 
occurs in particular at the level of the small resistance arteries, which contract and dilate to 
regulate and direct blood flow to different organs. The right side of the heart pumps blood 
into the pulmonary circulation, which reaches only the lungs and has a vascular resistance 
of an order of magnitude lower than the systemic circulation. Consequently, the pulmonary 
circulation requires lower pressure levels. The interventricular septum regulates the 
balance in flow and pressure between the right and left sides of the heart [33,47]. 
Each side of the heart is divided into two chambers: the atrium and the ventricle. Four 
valves allow one-directional flow between the atria and the ventricles and between the 
ventricles and the large arteries. The four valves are surrounded by stiff, dense connective 
tissue and all are located in the same region, which is commonly referred to as the 
atrioventricular (AV) plane. An overview of the AV plane viewed from above is shown in 
Figure 4.4. The aforementioned anatomical considerations are fundamental to 
understanding the pumping and filling function of the heart, which has been debated for 




Figure 4.2 – Schematic representation of the different layers of the 
cardiac muscle and the surrounding pericardial sac. 
Images modified and used with permission from Servier Medical Art – Creative 







Figure 4.3 – Schematic representation of the four chambers of the heart 
with the corresponding pressure levels during systole (S) and diastole (D). 
Images modified and used with permission from Servier Medical Art – Creative 
Commons Attribution 3.0 Unported License. 
 
 
Figure 4.4 – Drawing of the AV plane and the four cardiac valves seen 
from above, having removed the atria. 
Author’s own drawing 
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Closed-chest versus open-chest cardiac pumping 
The heart has a complex motion pattern, which is often described by dividing it into 
components along different directions (Figure 4.1). The longitudinal direction corresponds 
to the apex–base direction, the radial direction is perpendicular to this and the 
circumferential direction corresponds to the rotation around the apex-to-base axis. The 
motion pattern and the pumping mechanism of the heart are different in the closed-chest 
and in the open-chest scenario (Figure 4.5). This is because of the presence or absence of 
the pericardium and the surrounding tissues. The pericardium can be compared to a 
plastic bag, i.e. flexible but stiff. This sac significantly limits the heart’s total volume [53]. 
To confirm this, studies based on MRI have shown that the total heart volume variation 
during the heart cycle is in the range 5–11% [13]. These findings oppose the theory that the 
heart pumps by a squeezing mechanism in the radial direction (Figure 4.5), which would 
require large volume changes, and instead suggest a longitudinal piston-like mechanism, 
where internal reciprocal redistribution of blood volume between the atria and the 
ventricle is caused by the longitudinal motion of the AV plane while preserving the total 
heart volume [14,54]. This mechanism was colorfully described in 1964 by Rushmer, who 
compared the ventricular ejection pattern as closer to “striking a piston with a mallet than 
squeezing an orange or milking a cow” [52]. Nowadays, the movement patterns of the heart 
are clearly visible in medical images (see Figure 4.12 and Figure 4.15 in section 4.3). 
 
Figure 4.5 – Comparison between the heart’s traditionally described squeezing mechanism (left 
panel) and the actual pumping mechanism by longitudinal piston-like motion seen in medical 
images (right panel). Constraints imposed by the pericardium and the tissues and organs 
surrounding the heart do not allow large volume changes. Therefore, the pumping action is carried 
out by longitudinal movements of the AV plane and reciprocal volume changes between the atria 
and the ventricles. The squeezing mechanism can be seen in open-heart surgery, when the chest is 
open and the pericardium is cut; thus, constraints preventing large volume changes are no longer 
present. 
Left panel image modified and used with permission from Servier Medical Art – Creative Commons 






However, the heart is also capable of working as a squeezing pump, as can be observed in 
open-heart surgery, when the chest is open and the pericardium cut. These surgical 
observations might be the reason for the common misunderstanding of the cardiac 
pumping action. In addition, experiments have shown that the pericardium alters both 
systolic and diastolic function [46,55] and therefore there is a difference between closed-
chest and open-chest cardiac function. 
The cardiac cycle 
The heart cycle is divided into two main phases: systole and diastole. During systole, the 
ventricles contract and pump blood into the arteries. During diastole, the ventricles relax 
and fill with blood to be ejected during the subsequent heartbeat. These two main phases 
can be further divided into additional phases that better describe and characterize cardiac 
function, e.g. for diagnostic purposes. The exact definition of the cardiac phases may differ 
between different studies, depending on the methodology used to characterize cardiac 
function. In this section, six main phases will be described with a focus on the main events 
occurring during each phase. Using the ventricles as a reference, the mitral and tricuspid 
valves will be referred to as inflow valves and the aortic and pulmonary valves will be 
referred to as outflow valves. The sequence of events that occurs during the cardiac cycle 
can be seen in medical images, such as those acquired with MRI; see section 4.3.2 for 
details. 
Atrial contraction. The atrial myocardium contracts, emptying the atrial appendages and 
pulling the AV plane toward the base. During this phase, the inflow valves are open and 
there is flow from the atria to the ventricles. The outflow valves are closed. 
Isovolumetric contraction. This is the transition phase that occurs between atrial and 
ventricular contraction. The inflow valves are closed and no changes in ventricular volume 
occur during this phase, since the outlet valves are also closed. The R wave of the 
electrocardiogram occurs during this phase. 
Ventricular contraction (ejection). The ventricular muscles contract and pull the AV plane 
toward the apex. The motion of the AV plane pushes the blood toward the arteries in a 
piston-like fashion. The pressure in the ventricles increases and when it exceeds the 
arterial pressures, the outflow valves open. The inflow valves are closed during this phase. 
The motion of the AV plane toward the base increases the atrial volume, which has the 
effect of sucking blood from the veins to the atria [54]. The ejection ends when the outflow 
valves close and the AV plane stops moving. 
Isovolumetric relaxation. This is the transition phase that occurs at the end of ventricular 
contraction. Both inlet and outlet valves are closed during this phase and no ventricular 
volume changes occur. The ventricular myocardium begins to relax and the AV plane starts 
to move back toward the base. The pressure in the ventricle starts to decrease. 
Rapid filling. When the pressure in the atria exceeds the ventricular pressure, the inlet 
valves open and rapid filling begins. The blood accumulated in the atria flows rapidly 
through the inlet valves and is redistributed in the ventricles, causing the AV plane to move 
toward the base. In this phase the muscles are relaxed, the outlet valves are closed and the 
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AV plane is free to move. Since the inlet valves are open, the pressure in the atria and in the 
ventricles is approximately the same. 
Diastasis (slow filling). After the rapid filling, the ventricles continue to fill slowly until 
they reach their maximum volume during that specific heart cycle. In this phase, the AV 
plane is slowly moving toward the base, or is static in the longitudinal direction and 
expands in the radial direction. During this phase, the incoming blood from the veins 
might also flow to the atrial appendages instead of to the ventricle. The appendages serve 
as an extra reservoir for blood. 
Forces acting during ventricular ejection and filling 
Ventricular ejection. To eject blood from the ventricles to the arteries, the cardiac muscle 
fibers in the myocardium contract in an organized manner in response to an electrical 
stimulus that is converted to a mechanical force. The contraction mechanism is similar to 
what happens in skeletal muscles, with the difference being that cardiac muscle fibers 
cannot be controlled voluntarily and have a more advanced intracellular calcium handling 
system, with ions released from the sarcoplasmic reticulum in a process called 
calcium-induced calcium release [56]. When the intracellular calcium concentration is 
sufficiently high, calcium ions bind to the protein troponin, which in turn allows myosin to 
bind to actin and contraction to occur. The additional release of intracellular calcium 
prolongs the duration of the action potential from approximately 5 ms (typical duration for 
skeletal muscle) to 200–300 ms. The duration of the action potential is tightly related to 
the duration of the contraction [57]. Within physiological conditions, cardiac muscle 
contraction is tireless. 
Ventricular filling. During contraction, potential energy is accumulated and stored within 
the myocardium [31,50], pericardium [58,59] and surrounding tissues, and forcefully 
released at the onset of diastole. This mechanism is often referred to as elastic 
recoil [32,60], and is driven by a restoring force [28,31]. At the end of contraction, calcium 
ions are pumped back into the sarcoplasmic reticulum, which allows the actin and myosin 
filaments to uncouple and to slide back to their resting positions. This process is energy 
consuming and is therefore called active relaxation. While active relaxation takes place, 
there are still actin–myosin bonds left that cause residual tension within the myocardium 
and prevent it from fully relaxing. The active relaxation duration is often characterized by a 
time constant that might be more or less prolonged depending on age and pathology [29]. 
Restoring forces and active relaxation act simultaneously. Specifically, incomplete 
relaxation partially opposes filling until the myocardium is fully relaxed and the release of 
restoring forces allows the ventricle to expand. 
In addition to these two mechanisms, hydraulic forces have been hypothesized to 
contribute to diastolic filling and will be further discussed in this thesis (section 5.1.1 
and 5.2). 
Cardiac regulatory function 
The intensity of the force generated by the contraction is regulated by the Frank–Starling 
mechanism, which was described by Otto Frank and Ernest Starling based on their own 





referred to as “the law of the heart”, implies that the more each myocyte in the cardiac 
muscle is stretched during filling, the stronger the contraction will be. This law is of high 
importance as it can explain how the heart is capable of pumping out all the blood that 
comes into it, preventing blood from being dammed in the veins. Namely, within 
physiological limits, the heart can be considered as an inflow-controlled pump, where all 
blood that comes in is pumped out. Another hypothesis that could explain the regulatory 
function of the heart is related to the heart’s own macroscopic shape and anatomy [33]. To 
prove this hypothesis, an artificial pump with a small flexible chamber (representing the 
atrium) and a large flexible chamber (representing the ventricle) was constructed and 
tested. It showed continuous inflow, pulsating outflow and high sensitivity to filling 
pressure, and as such was similar to the human heart [63]. Despite this proof-of-concept, 
translational studies are still needed to confirm that the heart’s shape significantly 
influences its own regulation of the filling volume. Such studies could deepen our 
understanding of the heart’s regulatory mechanisms. 
4.1.2 The arteries 
The circulatory system has the task of transporting blood to all organs and cells in the 
body, similarly to how a hydraulic network transports water to different locations. The first 
part of the circulation is constituted by arteries, which are large and elastic pipes that can 
dilate and constrict to accommodate varying volumes of blood pumped by the heart. 
Arteries are defined as those vessels that transport blood away from the heart. They 
transport oxygenated blood in the systemic circulation and deoxygenated blood in the 
pulmonary circulation. A schematic representation of the systemic arterial system is shown 
in Figure 4.6. The first large artery connected to the left ventricle is the aorta. This large 
artery branches into smaller arteries, which branch into arterioles later in the network and 
finally branch into capillaries. The oxygen and nutrients transfer occurs at the capillary 
level. After this transfer has occurred, capillaries merge together to create venules, which 
merge into veins. The veins are the vessels that come back to the heart. Veins 
accommodate the largest part of the total blood volume. Another difference from the 













Figure 4.6 – Overview of the systemic arterial system. The most relevant 
arteries to this thesis work are indicated. 
Image modified and used with permission from Servier Medical Art – Creative 








Figure 4.7 – Overview of the different layers of the arterial wall. 
Image modified and used with permission from Servier Medical Art – 
Creative Commons Attribution 3.0 Unported License. 
 
The arterial system represents the load that the heart must overcome in order to eject 
blood. In particular, the arterial compliance (which is the inverse of stiffness) and arterial 
resistance are independent contributors to the systolic and diastolic pressure [64]. The 
arterial compliance is mainly located in large arteries [65], whereas resistance is the major 
feature of the smallest arteries [66]. Arteries should have the ability to withstand high 
pressures and at the same time be compliant so as to not excessively tire the heart. 
Consequently, an increase in arterial stiffness can have negative consequences for the 
functioning of the cardiovascular system. To be able to meet all these demands, the arterial 
wall has a complex structure made up of different layers, as illustrated in Figure 4.7. 
4.1.3 Arterial–cardiac interaction 
The heart and the arterial system are tightly interconnected and influence each other’s 
function. The interaction between the heart and the arterial system has been studied 
extensively and is often referred to as arterial–cardiac interaction or ventricular–arterial 
coupling [67,68]. An effective way to characterize cardiac mechanics and hemodynamics is 
by means of pressure–volume diagrams of the left ventricle. These diagrams provide a 
large amount of information about left ventricular pumping, filling and ventricular–
arterial coupling in a compact and efficient way. However, a relevant piece of information 
that is missing in the pressure–volume loops is the time variable. The interested reader is 
referred to useful guides by Burkoff et al. [69] and Westerhof et al. [70] for further reading 
on the topic. 
During aging, structural changes occur in the arterial system mainly because of the 
replacement in the arterial wall of elastin fibers by collagen fibers. This process produces 
an increase in arterial stiffness that affects blood pressure [36]. More specifically, these 
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changes in arterial stiffness result in a systolic pressure increase and a diastolic pressure 
decrease. Stiffer arteries demand more work from the heart, which is demonstrated by the 
fact that a systolic pressure increase induces ventricular hypertrophy [37–39]. These 
consideration show that the arterial–cardiac interaction is particularly important during 
aging and in pathological conditions such as hypertension, as the properties of both the 
heart and the arterial tree change with age and pathology [36,38,71–73]. 
4.2 Modeling cardiovascular hemodynamics 
Due to the complexity of the cardiovascular system, it is not always possible to understand 
the role played by each part of the system. Modeling and simulation can therefore be a 
useful tool to assess how the system is influenced by a change in a single part of the system 
as well as by a combination of multiple changes. The heart and the circulatory system are 
physical systems governed by energy and mass conservation laws, as is true for any other 
physical system, and can therefore be studied and modeled using an engineering approach. 
A system composed of interacting parts can be defined as an entity separable from the rest 
of the environment in which it is integrated [74]. Any system that changes status with time 
is called a dynamical system and its dynamics are described by variables. Each component 
of the system has properties that can be quantified by parameters, usually constant values. 
More precisely, a parameter is a measurable factor that modulates the impact that a 
specific component has on the system’s dynamics. Despite being a measurable factor, it is 
often very challenging to measure the cardiovascular system’s parameters in vivo. 
Therefore, parameter values such as inertia to flow, arterial compliance and resistance to 
flow can only be estimated by indirect measurements or by calculations based on 
theoretical assumptions. 
4.2.1 Classification of models 
Every model is a simplified representation of reality and can only describe part of the real 
system’s behavior. For these reasons, each model is designed with a specific purpose and 
level of abstraction. Models of the cardiovascular system can be classified into three major 
groups: 
• Lumped-parameter or 0D models. 
• Wave transmission or 1D models. 
• Finite element or 3D models. 
Lumped-parameter models do not take the geometry of the cardiovascular system into 
account and each component of the model is considered as a point. Therefore, pressure 
and flow variables are expressed by mathematical equations as a function of time and 
relevant parameters, but not as spatial coordinates. One advantage of lumped-parameter 
models is that they are computationally efficient and allow real-time simulations of the 
entire cardiovascular system [10]. 
Wave transmission models are based on transmission line theory and are used to model 
the vascular system [11,75]. In such models, the vascular tree is divided into small 





These 1D models are capable of reproducing wave transmission and reflection phenomena 
within the arterial tree, which is not possible with a lumped-parameter model made up of a 
single arterial compartment. 
Finite element models are usually 3D models, where the geometry of the part of the 
cardiovascular system being investigated is taken into account. Such models are used to 
study detailed flow patterns in a segment of the arterial tree [76], or to simulate ventricular 
mechanics and hemodynamics [77]. These models have the advantage of taking the real 
geometry into account, but are computationally demanding and realistic boundary 
conditions are not easy to implement [78]. 
In this thesis, the focus will be on lumped-parameter models, in particular the time-
varying elastance of the left ventricle [79], the Windkessel models of the arterial tree [80] 
and novel lumped-parameter models [81], as they require a limited number of parameters 
and can be used to model the global behavior of the cardiovascular system. 
4.2.2 Time-varying elastance model of cardiac contraction 
The time-varying elastance E(t) is defined as 
 
𝐸𝐸(𝑡𝑡) =  𝑝𝑝(𝑡𝑡)
𝑣𝑣(𝑡𝑡) − 𝑉𝑉0 (4.1) 
 
where p(t) and v(t) are the pressure and volume, respectively, of the left ventricular cavity 
throughout the cardiac cycle, and Vo indicates the minimum filling volume required before 
the ventricle can generate any pressure and is assumed constant. The elastance is therefore 
tightly related to the pressure–volume loop, since it represents the slope of the line 
connecting each point of the loop to V0 [69]. Elastance is a measure of chamber stiffness 
and is therefore the inverse of chamber compliance. Experimental measurements of 
pressure and volume in the left ventricle have shown that the shape of the time-varying 
elastance is similar in different subjects, both in normal physiology and pathological 
conditions [82]. The maximum value of the elastance function is a load-independent 
measure of contractility and the minimum value is related to passive chamber stiffness. For 
these reasons, a predefined elastance function is often used as an input to 0D 
cardiovascular models [8,10,83]. Using the elastance function does not give insights into 
the intrinsic pumping mechanism of the heart, but the method reproduces cardiac 
hemodynamics well and is computationally efficient. 
4.2.3 The Windkessel model 
The Windkessel model is a lumped-parameter model of the arterial tree and can be made 




Figure 4.8 – Hemodynamic and electrical representation of the two-, three- and four-element 
Windkessel model of the arterial tree. The Windkessel model is a lumped-parameter model and 
returns as output aortic flow and pressure over the cardiac cycle. WK = Windkessel; 
C = compliance; R = resistance; Zc = characteristic impedance; L = inertance. 
Reproduced with permission from [3] under the Creative Commons Attribution Noncommercial License. 
 
The two elements that give the most significant contribution to aortic pressure and flow are 
the total arterial compliance (inverse of elastance), which is related to the stiffness of the 
arterial system, and the vascular resistance, which is defined as 
 




where ∆P is the mean pressure drop caused by the arterial segment and Q is the mean flow 
through the segment. Vascular resistance therefore represents the pressure losses in the 
system, given a certain flow. The additional third element is the characteristic impedance 
of the proximal aorta, which together with the other two elements better reproduces the 
fast pressure and flow changes of the arterial pulse. The fourth element is the inertance, 
which is related to the inertia of the blood. 
4.2.4 Modeling by bond graphs 
In 1959, Paynter suggested the use of the bond graph notation in system dynamics 
modeling as a unified representation for all physical domains [84]. Bond graphs are a 
graphical tool based on energy and information flow that can describe complex systems 
through a small set of ideal elements. The use of ideal standard elements is similar to what 






Figure 4.9 – Example of an electrical system and a mechanical system and their equivalent bond 
graph models. With bond graphs, the same set of symbols is used for both physical domains. The 
red dashes in the bond graph model indicate the direction of causality (see main text for details). 
R = resistance; C = capacitance; i = current; v = voltage/velocity; Sf = flow source; Se = effort 
source; k = spring constant, m = mass; β = damping coefficient, F = force. 
 
inductors, sources and other elements. The main difference introduced with the bond 
graph notation is that it can be used independently from the application domain, e.g. 
mechanical, hydraulic or electrical. Since the cardiovascular system is a multidomain 
system, the use of bond graphs avoids the abstraction of equivalent electrical circuits. 
In the bond graph notation, a bond represents the flow of power between two different 
parts of the system. The bond is drawn as a half-arrow and the tip of the bond indicates the 
direction of positive power flow. The power is always given by the product of two variables, 
effort (e.g. pressure or force) and flow (e.g. volumetric flow or velocity). There are seven 
main elements that can exchange power among themselves: the R-element, the C-element, 
the I-element, the effort source (Se), the flow source (Sf), the transformer element (TF) and 
the gyrator element (GY). These elements can be connected through two kinds of junctions. 
The 1-junction is used when the flow variable is the same in all elements connected to the 
junction, similar to electrical components connected in series. The 0-junction is used when 
the effort variable is the same in all elements connected to the junction, similar to electrical 
components connected in parallel. Two examples of mechanical and electrical systems with 
their equivalent bond graph models are shown in Figure 4.9. In a bond graph scheme, 
causality is also shown (red dashes in Figure 4.9). The causality sign is located close to 
those elements that dictate the flow variable to the rest of the system. For example, a flow 
source will induce the flow (e.g. volumetric flow) in the system and at the same time 
experience the effort (e.g. pressure) that the system is imposing back on it. Since a single 
component can only dictate either flow or effort, the elements that do not have a causality 
sign close to them will dictate the effort. This implies that once the bond graph scheme is 
drawn, it clearly shows inconsistencies in the system that might otherwise remain hidden. 
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These inconsistencies could for example bring to light algebraic loops, i.e. endless 
substitutions of the system equations. Bond graphs and causality can show this problem, 
well before equations are derived [74]. In addition, the notation is suitable for deriving 
differential equations by iteratively applying a predefined procedure. For a more detailed 
explanation of the use and applications of bond graphs, the reader is referred to the books 
by Karnopp [74] and Cellier [85]. 
Simulations in Dymola 
A general bond graph model can be implemented and run on the software platform 
Dymola, by means of the bond graph library [86]. Dymola is the software used in this 
thesis and is based on the object-oriented language Modelica and solves differential 
algebraic equations (DAEs) directly. DAEs, in contrast with ordinary differential 
equations (ODEs), are written in an implicit form, which means that input and output do 
not need to be defined a priori. The numerical method DASSL [87] implemented in 
Dymola can automatically convert the DAEs to ODEs. This allows simple models of the 
subsystems (ventricle, artery, etc.) to be created and then connected with each other 
without rewriting the new dynamic system equations. 
4.3  Imaging the cardiovascular system 
Medical imaging technology has substantially changed the way medicine is performed, as it 
enables clinicians and healthcare professionals to obtain an image of internal organs and 
structures of the human body that would not otherwise be visible without invasive 
interventions. In other words, current technology makes it possible to obtain images of 
arbitrary slices of the human body without actually cutting the body open. This might seem 
obvious nowadays, but for many centuries it was not possible [88]. The advent of medical 
imaging has enabled better and more precise diagnoses, follow-up of treatment and 
therapy [88,89]. On the other hand, the new technology has also increased complexity, 
shaped the hospital environment and increased costs for healthcare providers [88]. 
Many different imaging modalities are currently available. Each modality is based on a 
specific physical principle and has its advantages, disadvantages and range of applications. 
In this introduction and thesis, focus will be put on ultrasound imaging and MRI, since 
they do not make use of ionizing radiation and are therefore suitable for initial diagnoses 
and the screening of heathy volunteers in basic research. 
4.3.1 Ultrasound imaging 
The physical principle of ultrasound imaging is based on sending pressure waves and 
detecting their reflections at the boundary between different media. Sound is also a 
pressure wave, similarly to ultrasound. The only difference between the two is that 
ultrasound includes frequencies above 20 kHz, which are not audible to the human ear. 
When an ultrasound wave reaches the boundary between two media, e.g. two different 
organs, part of the wave continues to travel in the same direction and part of the wave is 
reflected, as shown in Figure 4.10. This reflected wave is detected and provides the basic 
information needed to reconstruct the image. Specifically, the speed of the ultrasound 










Figure 4.10 – Physical principle of ultrasound. A compression 
wave is emitted in medium 1 by the transducer at the time t1. The 
wave travels forward until it reaches the interface with medium 2, 
where it is partially reflected and partially transmitted. The 
reflected wave (echo) is detected by the transducer and the distance 
between the transducer and the media interface can be calculated 
based on the time delay between the transmitted wave and the 
echo. d = distance; t = time. 
 Figure 4.11 – Illustration 





Figure 4.12 – Ultrasound images of the four cardiac chambers (commonly referred to as the 4-
chamber view) at three different time points in the cardiac cycle. The apex of the heart is located on 
the top of the image. The dashed line indicates the position of the AV plane at the beginning of 
ventricular contraction. Note that the AV plane moves toward the apex during ventricular 
contraction (direction of the yellow arrows) and is pulled toward the base during atrial contraction 




distance between the transducer and the media boundary by measuring the time delay 
between the transmitted wave and the received wave (Figure 4.10). The reflected wave is 
called the echo and therefore ultrasound imaging is sometimes referred to as echography. 
By repeating this procedure multiple times, it is possible to reconstruct an image where the 
borders between different organs and structures appear as white pixels and the regions 
where the ultrasound wave is not reflected appear as black pixels Figure 4.12. However, 
reflections from small scatters within the tissue have random amplitude and phase. When 
these reflections add together, they produce a random pattern in the image brightness 
called speckle. Despite being a random pattern that appears as noise in the image, the 
speckle signal is not purely random noise but is a specific pattern for each tissue region. An 
example of a cardiac ultrasound image at different phases of the cardiac cycle is shown in 
Figure 4.12, where the heart’s pumping action, as explained in paragraph 4.1.1, can be 
clearly seen. One of the main advantages of ultrasound is the fast image acquisition time. 
In fact, with conventional ultrasound (different from ultrafast ultrasound imaging 
explained in section 4.3.4), it is possible to obtain up to 100 frames per second, depending 
on the penetration depth and width of the image. Another advantage of ultrasound is the 
cost efficiency of the examination because the device itself is less expensive than other 
imaging modalities such as MRI and computed tomography; in addition, it does not 
require a specific hospital room and it can be easily moved (Figure 4.11). The technique 
also has some disadvantages: images have relatively poor soft tissue contrast and are 
therefore not easy to interpret. For this reason, an experienced user is needed to perform 
an accurate diagnosis. Moreover, structures such as bones and lungs cannot easily be 
imaged because the ultrasound wave is highly reflected at the border between soft tissue 
and bone or air. Ultrasound imaging is widely used to image the fetus [91] and the 
heart [92]. Both applications involve soft tissue surrounded by a fluid, i.e. amniotic fluid or 
blood, conditions under which the ultrasound signal and contrast are particularly good. 
The high temporal resolution is also important for fast-moving organs such as the heart 
and even for the slower movements of the fetus. 
4.3.2 Magnetic resonance imaging 
MRI is based on nuclear magnetic resonance theory, according to which nuclei located in a 
magnetic field absorb and re-emit electromagnetic radiation. The human body is mainly 
constituted of water. Each hydrogen nucleus (proton) of the water molecules has an 
angular momentum (spin), which results in a magnetic momentum. Consequently, each 
proton behaves like a small magnet. Once these magnets are located in a strong magnetic 
field B0, they tend to align with B0 by precessing around it at a specific frequency named 
the Larmor frequency (Figure 4.13a). This results in a net magnetization M0. The net 
magnetization M0 is the signal needed to generate an image, but until it is aligned with the 
strong B0, it is impossible to measure. In fact, the intensity of B0 is 1.5−3 T in clinical 
scanners and from 4.7 up to 21 T in the small-animal scanners used in preclinical research 
[93]. To be able to measure the net magnetization of the tissue, a pulsed field B1 
perpendicular to and rotating around B0 with frequencies close to the Larmor frequency, 
which is in the radiofrequency range, is used to modify the orientation of M0 and obtain a 
measurable signal (Figure 4.13b). After removing the pulsed field, the magnetization vector 
tends to align again along B0 and continues to precess around it, producing a signal that 






Figure 4.13 – Schematic representation of the MRI working principle.  
(a) Water protons spin in a static magnetic field B0 and (b) after application of the radiofrequency-
excitation B1. In (a) and (b), dashed gray arrows represent the Mz component of the magnetization 
field M0, and solid gray circles represent the Mx,y component. (c) Restoration of Mz following an 
exponential law with time constant T1. (d) Relaxation of Mx,y following an exponential decay with 
time constant T2.  
Figure adapted from [94]. Reproduced with permission. 
 
relaxation. The longitudinal component of M0 (Mz) is restored, according to an 
exponential law, with time constant T1 (Figure 4.13c). The transverse component of 
M0 (Mxy) relaxes following an exponential decay with time constant T2 (Figure 4.13d). 
Different soft tissues have different relaxation constants and can therefore be distinguished 
in MRI images. Protons are abundant in the human body, particularly in water and fat. For 
this reason, images obtained with MRI essentially map the location of water and fat in the 
body. 
MRI has many advantages. It is a nonionizing 
technique with superior soft tissue contrast 
compared with CT and ultrasound. This makes it 
particularly suitable for imaging, e.g. the 
myocardium and the brain. With MRI, it is also 
possible to obtain images of any arbitrary plane 
in the human body. On the negative side, the 
technique is sensitive to motion, which makes 
imaging the heart particularly challenging. To 
deal with cardiac motion, images are acquired 
during different cardiac cycles and are then all 
combined  with  respect   to   the   corresponding  
 
 
Figure 4.14  – Illustration of a clinical 
magnetic resonance imaging scanner. 
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cardiac phase by means of a technique called electrocardiogram (ECG) gating [95]. This 
implies that the MRI images of the heart are averaged over many cardiac cycles and not 
reconstructed from a single heartbeat, which can be problematic in patients with heart 
failure. Another disadvantage of MRI is the lower spatial resolution (a few millimeters) 
compared with CT and ultrasound (a fraction of a millimeter). Additionally, the technique 
is expensive and cannot be used in patients with implants that are not MRI compatible. 
The high cost is mostly because of the complexity of the equipment (Figure 4.14), 
particularly the high-intensity field magnet, the infrastructure around it and its 
maintenance. In addition, image acquisition is time consuming, with typical examination 
times of approximately 30−45 minutes, which also impacts the overall cost and patient’s 
comfort. An example of a cardiac MRI can be seen in Figure 4.15. Both ultrasound imaging 
and MRI are largely used in clinical practice for diagnostic purposes. The next two 
paragraphs will focus on the evaluation of medical images and on relevant diagnostic 
indexes that can be measured to assess cardiac and vascular function. 
4.3.3 Assessment of cardiac function 
To assess the cardiovascular condition of a patient and diagnose possible pathologies, 
cardiac function is qualitatively and quantitatively evaluated. In clinical practice, cardiac 
function is primarily evaluated by echocardiography, i.e. ultrasound imaging applied to the 
heart [92,96,97]. However, MRI has gained importance when assessing the left ventricular 
myocardium, e.g. after myocardial infarction [98], in congenital heart disease [99] and 
when assessing specific pathologies such as myocarditis [100] and fibrosis [101]. 
The most widely used index of global cardiac function is the ejection fraction (EF) [92]. EF 
is defined as the fraction of blood ejected from the ventricle at each heartbeat. Specifically, 
it is calculated as the stroke volume divided by the end diastolic volume. 
 
Figure 4.15 – Magnetic resonance images of the four cardiac chambers (4-chamber view) at three 
different time points in the cardiac cycle. The apex of the heart is located on the top right corner of 







Despite its widespread use in clinics, EF is sensitive to both preload and afterload [102] 
and cannot detect diastolic dysfunction, which is often referred to as heart failure with 
preserved EF [103]. Other types of measurement can better characterize global cardiac 
function, such as global longitudinal strain and AV-plane displacement. Global 
longitudinal strain has proven to be more sensitive than left ventricular EF as a measure of 
systolic function [104]. AV-plane displacement below 10 mm has been shown to be 
predictive of major in-hospital adverse cardiac events [26] and cardiovascular 
mortality [105]. Additionally, a recent study has shown that AV-plane displacement is the 
main determinant of maximal cardiac output and that AV-plane displacement can be 
preserved with lifelong endurance training [106]. Other measurements such as those of 
mitral or tricuspid annulus excursion should be considered as similar to the AV-plane 
displacement, since the annuli of the mitral and tricuspid valves are located in the AV 
plane (Figure 4.4). However, displacement measurements in the AV-plane region are also 
load dependent [107,108]. Methods based on calculating ratios between peak flow and 
myocardial velocities have been suggested to overcome this problem, but their load 
independency still needs to be fully confirmed [109,110]. 
A better understanding of physiological and pathophysiological function would be highly 
beneficial for suggesting new clinically useful indexes or helping to identify which of the 
currently available methods is preferable. For these reason, studies that focus on basic 
physiology are of high importance [13,14,28,111,112]. 
4.3.4 Assessment of vascular function 
As highlighted in section 4.1.3, vascular function is crucial for preserving the heart’s 
loading conditions and optimal pump efficiency. Furthermore, peripheral vascular disease 
is associated with stroke and leg ischemia [113]. For these reasons, several methods have 
been developed to assess vascular function in terms of arterial stiffness, which will be 
described briefly in the following sections.  
Measuring arterial stiffness 
Numerous methods have been suggested for estimating arterial stiffness in vivo, both 
locally and globally [114]. Estimations of global arterial stiffness are commonly made using 
the pulse wave velocity (PWV) technique and of local arterial stiffness by using echo-
tracking or pulse waveform analysis [114]. The method based on PWV calculates the 
velocity at which the pressure and flow waves generated by the heart transmit through the 
arterial system, given that this velocity depends on arterial stiffness. The PWV can be 
calculated by detecting the time of arrival of the wave front between two locations of the 
arterial tree at a known distance and relate it to Young’s modulus E of the arterial tree by 
means of the modified Moens–Korteweg equation [115]  
 
𝑃𝑃𝑃𝑃𝑉𝑉 =  � 𝐸𝐸ℎ2𝑅𝑅𝑅𝑅(1 −  𝜈𝜈2) (4.3) 
 
where h is the thickness, R the radius, ν the Poisson’s ratio and ρ the density of the artery. 
Although it is used extensively in clinical research [116–118], this technique has several 
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limitations [119]. In particular, the Moens–Korteweg relation in (4.3) assumes constant 
vessel dimensions along the traveling path of the pulse wave and throughout the cardiac 
cycle. Furthermore, because measurements are performed over a large segment of the 
arterial tree, the true length of which is difficult to measure in vivo, errors of up to 30% 
may be introduced [115,117]. Some of these limitations have been overcome by using echo-
tracking methods that estimate local arterial stiffness, e.g. by relating arterial diameter 
changes to pressure changes during the cardiac cycle [114]. These methods are usually 
based on images of the common carotid artery (Figure 4.16), where the arterial wall 
displacement generated by the pressure wave traveling in the arterial system is tracked 
over time. Such methods include the stiffness index [120], distensibility [121], local 
PWV [122], pulse wave imaging [20] and arterial wall strain [19,123]. 
In the late 1990s, the ultrasound-based technique SWE was introduced. Since then, SWE 
has been clinically applied for detection of liver fibrosis [115] and breast cancer [116]. In 
those applications, the technique was used successfully to measure soft-tissue stiffness and 
distinguish pathological from healthy tissue, thus improving diagnostics. 
Later, preliminary studies by Couade et al. [28] and Bernal et al. [29] applied SWE to 
measure arterial stiffness. The advantage of SWE compared with the other methods 
previously mentioned is that SWE is capable of measuring intrinsic mechanical properties 
locally, quantitatively and multiple times during the heart cycle. 
 
 
Figure 4.16 – Example of an ultrasound image of the common carotid artery. Diameter and wall 
thickness can be measured in the image as can change with age and pathology [124,125]. 
Ultrasound-based methods for the estimation of arterial stiffness use wall displacement during the 








Arterial shear wave elastography 
The SWE technique takes advantage of the physical laws that relate the speed of shear 
waves to the shear modulus of the medium. By inducing shear waves in the tissue and 
measuring their speed, it is possible to derive the shear modulus, which can in turn be used 
as an indicator of the medium’s stiffness. A higher shear wave speed indicates a stiffer 
medium. Figure 4.17 shows the three main steps performed during SWE, which are 
designed to: 
1) generate a shear wave in the tissue by means of focused ultrasound beams, 
2) track the shear wave by ultrafast plane wave imaging, 
3) estimate the elastic modulus from the shear wave speed. 
The generation of shear waves is achieved by strongly focusing the ultrasound beam in one 
or multiple locations [126,127]. In this way, an acoustic radiation force (ARF) is applied in 
the tissue, causing its motion. Starting from the focal point, shear waves propagate away 
from their origin in the direction parallel to the transducer, whereas the displacement of 
the tissue occurs in the direction perpendicular to that of propagation, as exemplified in 
Figure 4.17a. Shear waves in soft tissues travel at speeds in the range of a few meters per 
second. Therefore, imaging with a frame rate of 5–10 kHz is needed to track their 
displacement. This high frame rate cannot be achieved with conventional ultrasound, 
where crystals are activated sequentially to scan the medium line by line, but can be 
achieved by ultrafast plane wave imaging [128], where all the crystals are activated at the 
same time to generate a single-plane wave and the beam forming is done in post processing 
(Figure 4.17b). Finally, by tracking the axial motion of the tissue in the ultrasound images, 
it is possible to measure the speed of the shear wave and estimate the tissues’ mechanical 
properties. The stiffness information is then displayed using, e.g. a color map (Figure 
4.17c). 
Large and relatively uniform organs such as the breast and liver can be considered as of 
infinite extent when compared with the wavelength of the shear wave, which is in the order 
of millimeters [15]. In such organs, shear waves can be assumed to travel in free space and, 
when considering the medium as purely elastic, one can derive the linear elastic shear 
modulus µ from the density ρ of the tissue and the shear wave speed cs by: 
 𝜇𝜇 = 𝑅𝑅𝑐𝑐𝑠𝑠2. (4.4) 
 
Commercial SWE systems are based on these assumptions and return reliable estimations 
only when applied to large organs. Arteries are thin tubular structures with wall thickness 
ranging from fractions of millimeters in small arteries to a few millimeters in the aorta. 
This implies that the arterial wall thickness is comparable with the wavelength of the shear 
wave and arteries cannot therefore be considered as a medium of infinite extent in SWE 
applications. Nevertheless, commercial SWE systems have been used to examine arteries 
both in vitro [129] and in vivo [130]. 
When shear waves propagate in the arterial wall, there are multiple reflections at the 
interfaces between the wall and blood or surrounding tissue. Therefore, mechanical energy 




Figure 4.17 – Schematic representation of the three main steps involved in shear wave 
elastography. In (a), the orange arrow indicates the direction of the longitudinal ultrasound waves 
used to generate the transverse shear wave by a highly focused ultrasound beam, also called “push”. 
The red circle represents a stiffer inclusion. In (b), all crystals in the transducer are simultaneously 
activated to generate plane waves, which are used to image the shear wave propagation at a high 
frame rate (~10 kHz). In (c), a color map is overlapped onto the conventional ultrasound B-mode 
image and the color represents the stiffness. In the displaced image, the red color indicates that 
there is a stiffer inclusion in a softer surrounding, which is shown in green. 
Images (a) and (b) reproduced and modified with permission from [131] under the Creative Commons 
Attribution Noncommercial License. 
 
Waves traveling in a guide exhibit velocity dispersion, because different frequencies travel 
at different speeds. In such cases, a single velocity value representing the group velocity of 
the wave as in equation (4.4) cannot be used. Instead, velocity should be considered as a 
function of frequency by measuring the phase velocity of the propagating wave. 
As is the case for vessels, the conventional assumptions of infinite length, isotropy and 
purely elastic media are not valid for the heart either. In particular, the myocardium is 
highly anisotropic and therefore shear waves propagate at different speeds in different 
directions. In addition to this, the heart is located deep in the body and surrounded by the 
thoracic cage, which makes the generation of the shear waves with a small cardiac phased-
array transducer challenging. Despite these complications, initial studies have shown the 
feasibility of performing cardiac SWE in vivo [22,132] and the sensitivity of the technique 
to anisotropy [132], which plays a significant role in the shear wave propagation [23]. 
Wave propagation in thin media 
Guided wave propagation in thin media has been studied extensively. Lamb has derived an 
analytical solution for wave propagation in an elastic plate in a vacuum [133]. Additionally, 
an analytical solution for wave propagation in a hollow cylinder, geometry close to that of 
an artery, was derived by Gazis [134]. However, the latter solution includes a series of 
Bessel functions, which can only be determined numerically [135] and therefore limits its 
usability in SWE applications. A trade-off was reached by approximating the complex wave 
propagation in the artery with a zero-order antisymmetric Lamb wave mode [16,17], given 
that the fundamental phase velocity–frequency relation of a plate and a hollow cylinder 
merge at higher frequencies [17]. Based on Lamb’s theory, Bernal et al. [16] derived the 





incompressible fluid, assuming that the solid plate and surrounding fluid have similar 
densities and wavenumbers; the equation is given as: 
4𝑘𝑘𝐿𝐿3𝛽𝛽 cosh �𝑘𝑘𝐿𝐿 ℎ2� sinh �𝛽𝛽 ℎ2� − �𝑘𝑘𝑠𝑠2 − 2𝑘𝑘𝐿𝐿2�2 sinh �𝑘𝑘𝐿𝐿 ℎ2� cosh �𝛽𝛽 ℎ2�= 𝑘𝑘𝑠𝑠4 cosh �𝑘𝑘𝐿𝐿 ℎ2� cosh �𝛽𝛽 ℎ2� (4.5) 
 
where 𝑘𝑘𝐿𝐿 = 𝜔𝜔 𝑐𝑐𝐿𝐿⁄  is the Lamb wavenumber,  𝑘𝑘𝑆𝑆 = 𝜔𝜔�𝑅𝑅 𝜇𝜇⁄  is the shear wavenumber, 
𝛽𝛽 = �𝑘𝑘𝐿𝐿2 − 𝑘𝑘𝑠𝑠2, 𝜔𝜔 is the angular frequency, ℎ is the plate thickness and 𝑐𝑐𝐿𝐿 is the frequency-
dependent Lamb wave velocity. The thickness h and density ρ are input parameters and the 
elastic shear modulus µ can be derived by fitting the experimental dispersion curve to 










5 Methodology and 
contributions 
 
The general aim of this thesis was to improve our understanding of cardiovascular 
physiology and develop new methods for assisting clinicians during diagnosis and 
treatment of cardiovascular diseases. Both computer simulations and medical imaging 
were used to reach this goal. In the following sections, the methodology used in the four 
studies and the developed models and techniques will be described. Table 5.1 summarizes 
the main features of each study. 




























Imaging – in 
vivo 
Simulations Imaging – in vitro 
Imaging 
modality 
– MRI – US 
MRI = magnetic resonance imaging; US = ultrasound. 
5.1 Cardiovascular modeling 
In the following sections, the cardiovascular models included in Studies I and III will be 
presented. First, a general overview of the models will be given, followed by a description 
of the equivalent bond graph models. Subsequently, the strategy used to assign the 
parameter value to each component will be described. 
5.1.1 General description of the models 
Atrioventricular–piston model  
The objective of Study I was to develop a cardiac model based on the functioning of the 




Three main features were included in the model: 
1) The AV plane was modeled as a piston unit, moving in the base–apex direction. 
2) The largest atrial cross section was smaller than the largest ventricular cross 
section (VSA). 
3) The contraction force was the primary input to the model. 
Figure 5.1 shows a schematic representation of the proposed cardiac model with the AV 
plane seen as a piston unit (AV piston) moving back and forth in the base–apex direction. 
This pump model represents only one side of the heart. In this thesis, focus was put on the 
left side of the heart but a similar model could also be used for the right. However, 
different pressure levels and parameters would be needed when applying the model to the 
right side. 
The housing of the pump model is rigid and restricts external volume changes, similarly to 
the pericardial sac surrounding the heart. Even though external volume changes are 
limited, there are internal and reciprocal volume changes between the two chambers. A 
one-way valve (the mitral valve) is located between the upper chamber (the atrium) and 
the lower chamber (the ventricle). Another one-way valve (the aortic valve) is located 
between the ventricle and the outflow tube, representing the aorta. The AV piston is 
constructed with two different areas toward the atrium (A1) and toward the ventricle (A2). 
A1 corresponds to the largest cross-section in the atrium and A2 to the largest cross-section 
in the ventricle. 
During ventricular systole, the AV piston is pulled toward the ventricle by the contraction 
force (Figure 5.1). This force is modeled as an external input acting on the AV piston 
(Figure 5.2). When the contraction force is applied (Figure 5.2a), the mitral valve closes, 
the aortic valve opens and the blood flows from the ventricle to aorta. An additional effect 
of the movement of the AV piston during systole is that atrial volume increases, aiding 
atrial filling. During ventricular diastole, the input force ceases (Figure 5.2b), aortic valve 
closes and, slightly later, mitral valve opens.  
This sequence of events occurs since the piston experiences a hydraulic force (Fhyd) that can 
be expressed as: 
 𝐹𝐹ℎ𝑦𝑦𝑦𝑦 = 𝐴𝐴2 ∙ 𝑃𝑃𝑣𝑣 − 𝐴𝐴1 ∙ 𝑃𝑃𝑎𝑎 (5.1) 
 
where Pv is the ventricular pressure and Pa the atrial pressure. Before mitral valve opens, 
both Pv and A2 are larger than Pa and A1 respectively and therefore there is a net force 
pushing the AV piston toward the atrium. When Pv reaches the same value as Pa, the mitral 
valve opens. At this time point, the pressure in the atrium and in the ventricle is 
approximately the same, apart from a minor pressure drop caused by mitral valve 
resistance. Despite having the same pressure in the two chambers, there is still a net 
hydraulic force pushing the AV piston toward the atrium because of the difference in area 
between the piston’s upper and lower extremity. This hydraulic force moves the piston 








Figure 5.1 − Illustration of the cardiac model where the atrioventricular (AV) plane is continuously 
moving in the longitudinal direction to carry out the pumping action of the heart. During systole, the 
AV piston is pulled toward the ventricle by the ventricular contraction force, which is an external 
input to the model. During diastole, the AV piston moves toward the atrium because of the hydraulic 
force generated by the difference in area between the superior and inferior area of the piston. 
 
Figure 5.2 − Schematic representation of the input force (F) applied to the atrioventricular piston. 
(a) During ventricular contraction, the contraction force pushes the piston toward the ventricle. (b) 
During ventricular relaxation, there is no externally-applied force to the piston but the piston 
experiences a hydraulic force because of the difference in area between A1 and A2. (c) During atrial 
contraction, an external force is applied to the piston and pulls it toward the atrium. 
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In this model configuration, the difference in area between the upper and lower part of the 
piston is constant and no constraints are applied to the AV piston movement, therefore the 
mitral flow does not stop until the next input force is applied.  
In summary, the higher pressure on the ventricular side initiates the piston return and 
causes mitral valve to open.  Once the valve opens, the movement can continue because of 
the difference in area of the piston’s extremities. The upward movement of the AV piston 
produces a redistribution of volume from the atrium to the ventricle, keeping the total 
pump volume approximately constant, apart from a minor compliance of the pump’s 
housing. This return is a result of the AV piston’s geometry since no external input is 
applied during diastole. At the end of the diastolic phase, an additional force, representing 
atrial contraction, is applied to the piston in the opposite direction of the ventricular 
contraction force (Figure 5.2c). The effect of the atrial contraction force is to lift the AV 
piston toward the atrium and allow further redistribution of blood from the atrium to the 
ventricle. 
Cardiovascular-aging model 
The objective of Study III was to model the global effect of cardiovascular aging on blood 
pressure. To reach this objective, established and validated lumped-parameter models for 
the left ventricle and arterial tree were used. The left ventricular pumping effect was 
modeled by the time-varying elastance model described in section 4.2.2 in the 
introduction. The systemic arterial tree was modeled by the four-element Windkessel 
model. An overview of the two models interconnect and represented by electrical 
equivalents is shown in Figure 5.3. The time-varying elastance profile can be expressed by 
many different mathematical functions [8,68,136]. Among these, the double-Hill function 
was chosen [68,137] and the time-varying elastance was therefore expressed as 
 
𝐸𝐸(𝑡𝑡) = 𝑘𝑘 � 𝑔𝑔11 + 𝑔𝑔1� � 11 + 𝑔𝑔2� + 𝐸𝐸𝑒𝑒𝑦𝑦 (5.2) 
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in order to guarantee that max(E) = Ees.  
The parameters needed to define the double-Hill function are Ees, Eed, m1, m2, τ1, τ2 and T. 





is represented by Ees. The minimum elastance value occurs during diastole (relaxation in 
Figure 5.3) and is represented by Eed. The parameters m1 and m2 characterize the 
contraction and relaxation rate, respectively. A higher value of m1 results in a steeper 
rising of the E(t) during contraction, whereas a higher of m2 results in a faster relaxation. 
The time constants τ1 and τ2 are expressed in terms of the heart period T (e.g. τ1 = 0.269T 
and τ2 = 0.452T) and locate the inflection point of �
𝑔𝑔1
1+𝑔𝑔1
� and � 1
1+𝑔𝑔2
�. By modifying τ1 and 
τ2, contraction and relaxation can be prolonged or reduced. 
The double-Hill function was connected to the four-element Windkessel model 
characterized by the following parameters: characteristic impedance Zc, inertance L, total 
arterial compliance Ctot and peripheral vascular resistance Rp (see section 4.2.3 for details). 
The mitral and aortic valves are considered to act as diodes, which are either fully open or 
fully closed and allow flow (equivalent to electrical current) in the forward direction only. 
The cardiac valves used the Study III also included a small resistance 
(0.003 mmHg∙s/mL), representing the resistance to flow through the open valve leaflets, 




Figure 5.3 − Schematic representation of the time-varying elastance model E(t) and the four-
element Windkessel model used to simulate cardiovascular changes with age in Study III. 
Ees = end-systolic elastance; Eed = end-diastolic elastance; Ped = end-diastolic pressure; pAo = aortic 
pressure; qAo = aortic flow; Zc = characteristic impedance; L = inertance; Ctot = total arterial 
compliance; Rp = peripheral vascular resistance. 




5.1.2 Equivalent bond graph models 
Atrioventricular-piston model 
The pump model in Figure 5.1 was converted to the bond graph formalism and connected 
to a simplified circulation model in a closed-loop, as can be seen in Figure 5.4. The bonds 
(half arrows) show the direction of energy transport. A 0-junction implies that the bonds 
attached to the junction have the same pressure and a 1-junction implies that the bonds 
attached to the junction have the same flow. The atrium and ventricle were modeled as 
compliance elements (C). The valves between the atrium and the ventricle and between the 
ventricle and the circulation were based on a previous study [138] and included a 
resistance-to-flow element (R) and an inertia element (I). A switch was connected to the 
two valves and controlled by the difference in pressure before and after the valve. The 
switch is on (the valve is open) when the pressure upstream is higher than the pressure 
downstream. The switch is off (the valve is closed) otherwise. The part highlighted in light 
red in Figure 5.4 represents the AV piston. The AV piston was described as two 
transformer elements (TF1 and TF2) with a transformation ratio equal to the atrial cross-
section (A1) for the upper area and to the ventricular cross-section (A2) for the lower area. 
The contraction force was modeled as an effort source (Se) directly connected to the piston. 
The AV-piston part of the model belongs to the mechanical domain, whereas the rest of the 
model belongs to the hydraulic domain. The conversion between the two domains occurs at 
the level of the transformer elements that convert force to pressure through the 
transformation constant area.    
The arterial side of the circulation is modeled as a three-element Windkessel model (Figure 
5.4), which includes two resistor elements (R1art and R2art) representing characteristic 
impedance and peripheral resistance, respectively, and a compliance element (Cart) 
representing total arterial compliance. In addition, a vein compartment was inserted 
between the circulation and the atrium. The vein included a large compliance element, Cvei, 
serving as a volume reservoir for the blood to uncouple the pressure between the arterial 
and venous sides. A series (1-junction) of R and I elements was connected in parallel (0-































Figure 5.4 − Equivalent bond graph model of the cardiac piston model shown in Figure 5.1 
connected to a simplified circulation model. The vein, atrium, ventricle and artery correspond to 
the hydraulic domain. The part highlighted in red represents the AV piston and corresponds to the 
mechanical domain. The transition between the two domains occurs because of the two 
transformer elements (TR) that convert force to pressure through the transformation coefficient 





Ventricular–arterial interaction model 
Similarly to the piston model, the ventricular–arterial interaction model used in Study III 
was converted to the bond graph formalism (Figure 5.5). The time-varying elastance was 
represented as a time-varying compliance, i.e. a modulated C-element, since compliance is 
the inverse of elastance. The mitral and aortic valve models were the same as in the piston 
model. Filling pressure was represented by a constant effort source (Se). Characteristic 
impedance and peripheral vascular resistance were represented by an R-element, total 
arterial compliance by a C-element and inertance by an I-element. 
5.1.3 Parameter selection 
In this section, the methods used to assign parameters to the models’ components will be 
described. 
Atrioventricular-piston model 
All parameters used for simulations are presented in Table 5.2 and Table 5.3. The values 
were either based on the literature or calculated. When based on the literature, the source 
is reported in Table 5.2. The magnitude of the contraction force applied on the AV piston 
(Table 5.3) was chosen to generate a realistic systolic pressure in the ventricle. Therefore, 
given the piston ventricular area A2 and the ventricular systolic pressure pv_sys, a first 
estimate of the maximum force during ventricular contraction was Fmax = pv_sys ∙ A2. This 
value was then empirically increased to overcome the resistance to motion and to generate 
the desired pv_sys. 
 
Figure 5.5 - Equivalent bond graph representation of the ventricular–arterial interaction model in 
Figure 5.3. The time-varying elastance is represented by a modulated C-element (mC). The filling 
pressure is represented by a constant effort source (Se). The notation X:Y means “bond graph 





Table 5.2 − Values for parameters used during simulations in Study I, corresponding to the bond 
graph elements in Figure 5.4. 
 Description Value Unit Reference 
Cvei Venous compliance   50 mL/mmHg [139] 
Rvei Venous resistance   0.01 mmHg·s/mL  
Ivei Venous inertia   0.0001 mmHg·s
2/mL  





Resistance to flow in the mitral 
valve 0.008 mmHg·s/mL 
Estimated from 
pressure drop 
across the valve 
in [97] 
Imit 
Inertia to flow in the mitral 
valve  0.0002 mmHg·s
2/mL  





Resistance to flow in the aortic 
valve 0.005 mmHg·s/mL 
Estimated from 
pressure drop 
across the valve 
in [97] 
Iaor Inertia to flow in the aortic valve 0.00002 mmHg·s2/mL  
Cart Arterial compliance   1.01 mL/mmHg [8,140] 
R1art Characteristic impedance  0.08 mmHg·s/mL [8,140] 
R2art Total peripheral resistance  1.28 mmHg·s/mL [8,140] 
Iavp Inertia of the piston   30 mmHg·cm·s
2  
Ravp Damping in the piston  300 mmHg·cm·s  
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Table 5.3 - Input values for the contraction force in Study I and as illustrated in Figure 5.2. 







F1 Maximum force, normal  
 
  7350 -1500 mmHg·cm2 




  0.35 0.2 s 
  Rising 
  
  0.1 0.1 s 
 Falling    0.01 0.1 s 
 Period    0.95 0.95 s 
 
Cardiovascular-aging model 
The age range of interest in Study III was adult life (20 to 80 years of age) and the study 
investigated nonpathological aging, which will be referred to as “normal aging”. All 
parameters needed to simulate the time-varying elastance model and the Windkessel 
model have not been fully characterized for all age groups. However, many studies provide 
information about arterial stiffness and peripheral vascular resistance with 
age [116,141,142]. Similarly, information can be found about left ventricular structural and 
functional changes with age [143–145]. Based on these considerations, the method used to 
assign parameters for the simulation of cardiovascular aging was as follows: 
1) Assign baseline parameters at the age of 20 years that provide physiological aortic 
pressure and flow waveforms. 
2) For the subsequent decades, impose changes in total arterial compliance and 
peripheral resistance corresponding to the values reported in the literature. 
3) Apply adaptation rules based on observations reported in the literature to derive 
the cardiac parameter changes. 
The timing of the cardiac cycle (heart period T = 0.89 s, systolic and diastolic time 
constants, τ1 = 0.269T and τ2= 0.452T, respectively) were chosen according to a previous 
study [137] and kept constant for all ages. The inertance parameter L of the arterial model 
was also kept constant for all ages (L = 0.005 mmHg∙s2/mL). The other parameter values 
at the age of 20 years were chosen based on previous studies [146,147] and are reported in 
Table 5.4. 
Table 5.4 – Model parameters at the age of 20 years used in Study III. 




































The first age-related changes applied to the parameters were related to arterial compliance 
(inverse of arterial stiffness). Structural changes of the arterial wall result in an increase in 
arterial stiffness with age. In the range of 20 to 80 years, as investigated in Study III, the 
increase in stiffness was quantified by pulse wave velocity to be a factor of two [116,141], 
corresponding to a decrease in compliance of a factor of four [148]. Therefore, Ctot 
decreased linearly by a factor of four from 20 to 80 years. This change in compliance also 
affected the characteristic impedance parameter, since Zc is proportional to 1/√𝐶𝐶 [147]. 
Vascular resistance was found to increase by 5% per decade based on a previous study of 
healthy middle-aged men and women [142], and increased from 0.8 mmHg s/mL at 20 
years to 1.04 mmHg s/mL at 80 years. The arterial parameters described so far were 
prescribed, whereas the cardiac parameter changes that will be described below were 
derived using two adaptation rules. The three cardiac parameters that varied with age were 
found to be Ees, Eed and the filling pressure, or pressure in the left atrium (Ped). 
The first rule used to derive these parameters with age is to normalize ventricular wall 
stress, which is preserved even when arterial systolic pressure increases [144,145]. A 
simplified expression of ventricular wall stress σ as a function of left ventricular pressure 
Plv, radius ri and wall thickness h is given by the law of Laplace: 
 




To keep wall stress constant when PLV increases, considering an unchanged lumen radius 
as in concentric remodeling [38], h must increase proportionally to PLV. If wall thickness 
increases and ri is preserved, the left ventricular myocardial mass must necessarily 
increase (hypertrophy). This hypertrophy produces both a stronger contractile function 
(increase in Ees) and a left ventricle that is stiffer and more difficult to fill (higher Eed). We 
assumed that the increases in Ees and Eed were proportional to wall thickness and therefore 
proportional to Plv (Plv2/Plv1 = Ees2/Ees1 = Eed2/Eed1). The increased wall thickness resulted in 
an increase in systolic pressure that, by applying the first rule again, caused even more 
hypertrophy. 
The second rule is to increase Ped in order to preserve end-diastolic volume, as previously 
reported in normotensive individuals [143]. An increase in Ped has the effect of reducing 
peak systolic pressure and increasing end-diastolic volume. Since both rules affect the 
same parameters, they were applied multiple times in an iterative manner until they were 
both met and equilibrium was obtained (i.e. pressure changes of less than 1 mmHg and 
volume changes of less than 1 mL). A scheme summarizing the arterial and cardiac 






Figure 5.6 − Schematics of the events occurring during normal aging that were used to guide the 
selection of parameters of the ventricular–arterial model in Study III. The thick black and white 
arrows indicate parameter changes; the thin black arrows indicate how these parameter changes 
affect blood pressure and other cardiac parameters. Specifically, arterial stiffness and vascular 
resistance increase systolic and diastolic blood pressure. The systolic pressure increase induces 
hypertrophy, which in turn affects Ees, Eed and systolic pressure itself (blue loop). Filling pressure is 
also increased to maintain end-diastolic volume. This loop is repeated until an equilibrium in 
pressure is reached. 
 
The model output in terms of aortic systolic and diastolic pressure was compared with 
population data from a large clinical study, the Framingham Heart study [72]. The 
comparison was done by calculating the root-mean-square error (RMSE) between the 
simulation results and the population data at each decade (mean value between 
normotensive groups 1 and 2 in Figure 3 in Franklin et al. [72]. Then, a qualitative and 
quantitative comparison was done to validate the parameter selection method and assess if 
arterial changes alone or arterial and cardiac changes combined better explained the 
evolution of blood pressure with age. It should be noted that the model output is the aortic 
pressure, whereas blood pressure is clinically measured at the level of the brachial artery. 
Systolic pressure differs between the ascending aorta and the brachial artery. In order to 
account for this difference, the average systolic pressure amplification previously 
reported [149] was added to the aortic pressure computed by the model at each decade. 







All models developed and used in this thesis work were drawn by means of the bond graph 
formalism and simulated using the software platform Dymola (Dassault Systèmes, France) 
and the bond-graph library (version 2.4) [86]. The DASSL solver was used, with an 
adaptive step size and a tolerance equal to 0.0001. 
5.2 Hydraulic forces physical model 
One of the aims of Study II was to illustrate the effect of hydraulic forces on the AV piston 
described in the atrioventricular piston model described in section 5.1.1. For this purpose, 
a physical model in Plexiglas representing the left atrium and ventricle was constructed. A 
3D drawing of the physical model is shown in Figure 5.7. The physical model was 
constructed with two cylindrical chambers of different diameters. The smaller chamber 
(the atrium) was connected to a larger chamber (the ventricle) by a hollow piston with two 
different heads. At one extremity, the piston’s head was as large as the atrial chamber in 
cross section, while at the other extremity, the piston’s head was as large as the ventricular 
chamber in cross section. The piston was hollow in order to represent the open mitral valve 
and to guarantee that the pressures in the two chambers were the same. The physical 
model was connected to a water column allowing for pressurization of the two chambers. 
To appreciate the action of hydraulic force, the pressure needed to be sufficiently high so 
that Fhyd = (large area – small area) * pressure was larger than the friction impeding the 
piston’s movement. A water column of approximately 140 cm of water allowed a smooth 
and clearly visible hydraulic return. The physical model was pressurized by water, but 




Figure 5.7 – (a) Schematics of the physical model of the left ventricle and atrium built to exemplify 
the effect of hydraulic forces. (b) Close-up of the hollow piston with different areas where the 




5.3 In vivo measurements of atrial and ventricular short-axis areas 
An additional aim of Study II was to assess the presence and the magnitude of hydraulic 
forces. To achieve this, measurements of atrial cross section, ventricular cross section and 
left ventricular diastolic pressure are needed. The reason for measuring the largest cross 
section in the two cardiac chambers is shown schematically in Figure 5.8. The two 
configurations in Figure 5.8a are equivalent because of the theory of hydrostatic forces on 
curved surfaces, according to which the widest area of a container submerged in a liquid is 
needed to calculate the longitudinal component of the hydraulic force acting on the 
container walls, independently of the curvature of the surface. This is because the radial 
component of the force is counterbalanced by the walls of the container, i.e. these 
represent the pericardium and the surrounding tissues in the case of the heart. 
Atrial and ventricular cross sections (corresponding to the short-axis areas described in the 
medical literature) were measured in medical images of healthy volunteers. Pressure 
measurements, however, require invasive techniques, which are preferably not performed 




Figure 5.8 – Schematics representation of the left side of the heart compared with the physical 
model. (a) The two configurations are equivalent based on the theory of hydrostatic forces on curved 
surfaces. (b) Forces acting on the two different extremities of the piston. The blue arrows 
counterbalance each other, whereas the red arrows represent the net force that pushes the piston 







5.3.1 Study population 
In Study II, dimensions of the atria short-axis area (ASA) and ventricular short-axis 
area (VSA) corresponding respectively to cross sections A1 and A2 in the AV-plane model 
of Study I were measured in 10 heathy volunteers (5 women, age 24 ± 3 years). The 
volunteers had previously been studied for other purposes [14]. The study was approved by 
the local ethical board and carried out according to relevant guidelines. All subjects 
provided written informed consent. Cardiovascular magnetic resonance (CMR) was used to 
retrieve 30 frames of each volunteer’s heart throughout the cardiac cycle. More precisely, 
CMR with steady-state free precession cine images were obtained using a 1.5 T scanner 
(Philips Intera, Philips, Best, Netherlands). For details of the CMR image acquisition 
parameters, the reader is referred to a previously study [14]. 
5.3.2 Area measurements 
CMR images were viewed and analyzed using the freely available software Segment 
(version 2.0 R4636, Medviso AB, Lund, Sweden) as shown in Figure 5.9. The ASA was 
manually delineated for all subjects in multiple slices for each time frame. The atrial 
appendage was included in the ASA when visible. At each time point, the largest area 
among the multiple slices was chosen as the final measurement of the ASA. Concerning the 
VSA, the contour was initially delineated with the automatic segmentation function of the 
Segment software and subsequently manually adjusted for increased accuracy. Two 
contours were drawn: one including the myocardium (VSAEpi) and one excluding the 
myocardium (VSAEndo). Similarly to the ASA, multiple slices of the VSA near the AV plane 
were measured, and the largest epicardial and endocardial areas at each time point were 
selected as VSAEndo and VSAEpi, respectively. 
5.3.3 Diastolic filling forces comparison 
To understand the contribution of hydraulic forces in relation to other forces, its 
magnitude was estimated and compared with previous measurements of the peak driving 
force acting during left ventricular filling. The hydraulic force was calculated as 
Force = (Pressure) × (Difference in Area), assuming that mean LV diastolic pressure is 
equal to 10 mmHg in heathy individuals [150]. The difference in area was calculated as 
(VSAEndo – ASA) or (VSAEpi – ASA) at mid diastasis. The peak driving force during diastolic 
filling was previously estimated in a population of young healthy subjects to be 
approximately 25 mN/g [151]. This force is calculated per unit of mass in motion, also 
referred to as inertial load. The inertial load was assumed to arise from the left ventricular 
mass, the portion of blood in motion and the roots of the great vessels. The left ventricular 
mass is approximately 125 g [152], and the blood and great vessels were assumed to be in 
the range 75–275 g, resulting in a total inertial load of 200–400 g. Finally, the peak driving 









Figure 5.9 – Overview of ASA and VSA measurements in magnetic resonance images. The five 
views (columns) are shown at end diastole, end systole and the mid diastasis phase of the cardiac 
cycle (rows). The blue line is the manually delineated ASA, the dashed red line is VSAEndo and the 
green line is VSAEpi. The short-axis view corresponds to the imaging plane at the level of the blue, 









5.4 Shear wave elastography 
The following sections contain a summary of the materials, methods and software 
developed to assess the accuracy of the ultrasound-based SWE in Study IV. 
5.4.1 Phantom construction 
Two sets of phantoms were constructed. The first set was fabricated to study the effect of 
the tissue’s macroscopic shape on shear modulus estimation and consisted of phantoms 
with three different geometries: a plate, a cylinder and a hollow cylinder. This first study 
will be referred to as the geometry study. The second set consisted of arterial phantoms, 
i.e. hollow cylinders having different stiffness values, which were fabricated to assess the 
accuracy of SWE for the arterial geometry. This second study will be referred to as the 
accuracy study. The number of phantoms constructed for each phantom geometry is 
reported in Table 5.5. 
All phantoms were constructed of an aqueous poly(vinyl alcohol) (PVA) solution. By using 
PVA, the phantom’s stiffness can be adjusted by freezing and then thawing the material 
multiple times during manufacturing. An increased number of freeze/thaw (F/T) cycles 
corresponds to an increased stiffness. The solution contained 87% in mass percentage of 
de-ionized water, 10% PVA (Sigma-Aldrich, St. Louis, MO, USA) and 3% graphite powder 
(Merck KGaA, Darmstadt, Germany), which was heated to approximately 65 °C, under 
constant stirring. The solution, when still liquid, was poured into phantom molds of 
different shapes. 
For the geometry study, the plate phantom was created by pouring the solution in a plastic 
container of 16 cm length and 13 cm width until the level reached a height of approximately 
1 cm. The solid cylinder phantom was created by using the mold shown in Figure 5.10 
without the metal rod in the middle, and the hollow cylinder was created with the same 
mold but preserving the metal rod during the F/T procedure. For the accuracy study, all 
nine phantoms were constructed by pouring the PVA solution into the mold shown in 
Figure 5.10. Finally, the phantoms underwent a certain number of F/T cycles, as reported 
in Table 5.5. A cycle corresponded to 12 hours at –23 °C followed by 12 hours at a room 




Figure 5.10 – Schematics of the mold used to 
manufacture the solid and hollow cylinder phantoms. 
R = outer radius of the cylinders. 
 
Table 5.5 − Number of phantoms constructed for each geometry in Study IV. 
 Phantom geometry Number of F/T 




study 2 2 2 3 
Accuracy 
study 
- - 3 3 
- - 3 4 
- - 3 5 
    F/T = freeze/thaw. 
5.4.2 Shear wave elastography setup 
For the geometry study, the plate phantom was submerged in water in a container, 
whereas the cylinder and the hollow cylinder phantoms were connected to a customized 
enclosure, filled with and surrounded by water but not pressurized. For the accuracy study, 
the hollow cylinder phantoms were connected to the enclosure and pressurized at 60, 80, 
100 and 120 mmHg by a water column (Figure 5.11). 
The ARF generation and the ultrafast imaging of the propagating shear wave were 
performed using the commercial ultrasound system Aixplorer with the linear transducer 
SL 15-4 (SuperSonic Imagine, Aix-en-Provence, France). The ultrasound system was 
modified with a customized research package that allowed the selection of a region of 
interest (ROI) where the ARF would be applied. The pushing line was automatically placed 





dimensions. The push focal points were spaced at intervals of 5 mm (Figure 5.12). The user 
did not have direct control of the push line, but could relocate it by modifying the ROI 
location and size. The research package also allowed the B-mode images of the shear wave 
propagation in the form of in-phase and quadrature (IQ) data to be exported. IQ data 
represent a convenient way of storing radiofrequency data [153]. 
The Aixplorer system generates shear waves within a tissue by locating multiple pushes 
(i.e. ARF focal points) along a line at different depths. This is often referred to as a pushing 
line or supersonic push [127]. It is worth noting that, in arterial applications, a single push 
would be sufficient to induce shear waves within the arterial wall [16]. 
For the geometry study, the pushing line was placed such that the second focal point would 
lie in the middle of the phantom. For the accuracy study, the pushing line was placed in 
such a way that the second focal point would lie in the middle of the phantom wall (Figure 
5.12) and SWE measurements were performed on both the anterior and posterior phantom 
walls. 
 
Figure 5.11 – Photograph of the shear wave elastography measurements on 





5.4.3 Software development 
After the ARF generation in the phantom wall, the shear wave propagation was imaged 
with 42 frames acquired by ultrafast imaging at a pulse repetition frequency (PRF) of 
8000 Hz. When no angle compounding is applied in ultrafast imaging [128], the PRF 
corresponds to the frame rate since all transducer elements are excited simultaneously. 
The software development was carried out in MATLAB (R2013b, Mathworks, Natick, MA, 
USA). A B-mode image was displayed, where five adjacent lines perpendicular to the 
pushing line were manually selected in close proximity to the push location. A 2-D 
autocorrelation algorithm [154] was used to measure the incremental displacement field in 
the axial direction generated during the propagation of the shear wave. An example of the 
shear wave propagation field can be seen in Figure 5.13, also referred to as an axial 









Figure 5.12 – Location of the focal points of the 
pushing line during shear wave generation in the 
anterior wall of a hollow cylinder phantom. 
Figure 5.13 – Example of an axial incremental 
displacement map showing the shear wave 
propagation in a hollow cylinder phantom. The 
x-axis represents the distance traveled, the y-
axis represents the time of travel and the pixel 
color represents the axial tissue displacement 
from the previous time step, i.e. the previous 
row on the y-axis. The amplitude of the 
incremental displacement is in the order of a 
fraction of a micrometer, whereas the total 










From the axial incremental displacement map, the subsequent post processing steps 
differed depending on the velocity to be measured, i.e. group or phase velocity. 
• The group velocity 𝑐𝑐𝑔𝑔  was calculated by computing the Radon transform of the 
axial displacement map as previously suggested [155]. The Radon transform 
computes the sum of the pixel values along a particular line in the image, oriented 
at all possible angles. Therefore, the maximum of the Radon transform corresponds 
to the angle θ created by the main shear wave front and the x-axis, as shown in 
Figure 5.14 on the axial displacement map. This angle is related to the speed of the 
shear wave according to the following relations: 




𝑁𝑁𝑥𝑥 = 𝑚𝑚𝑡𝑡∆𝑚𝑚 ,     𝑁𝑁𝑡𝑡 = 𝑡𝑡𝑡𝑡∆𝑡𝑡 (5.7) 
 
where Nx and Nt are the number of pixels in the spatial and time dimensions, 
respectively, and ∆x and ∆t are the pixel dimensions. The propagation distance is xt 
and the propagation time is tt. The shear wave speed corresponding to the group 
velocity can therefore be calculated as: 
 𝑐𝑐𝑔𝑔 = 𝑥𝑥𝑡𝑡𝑡𝑡𝑡𝑡 = tan (𝜃𝜃) ∆𝑥𝑥∆𝑡𝑡. (5.8) 
 
• The phase velocity cp(f) was calculated by Fourier analysis as shown in Figure 5.14. 
First, the axial incremental displacement map was converted to the frequency 
domain, or k-space. In k-space, the x-axis is the temporal frequency and the y-axis 
is the spatial frequency, or wavenumber. The k-space was additionally converted to 
a phase velocity map by dividing each frequency f by the wave number k, since 
 𝑐𝑐𝑝𝑝 = 𝑓𝑓𝑘𝑘. (5.9) 
 
Finally, the phase velocity curve was obtained by selecting the maximum intensity 
of the phase velocity map at each frequency. This phase velocity curve was then 
fitted to the plate model equation (4.5) to retrieve the shear modulus µ. The fit was 
performed considering the entire bandwidth and only for frequencies above 
500 Hz. This cutoff was applied because wave propagation in a hollow cylinder can 
be more closely approximated with wave propagation in a plate at high frequency. 
For the geometry study, both group velocity and phase velocity were calculated for all 
phantoms. After analyzing the results of the geometry study, only the phase velocity for 
frequencies above 500 Hz was calculated for the accuracy study since it was found to be the 







Figure 5.14 – Schematics of the post processing steps used to calculate the shear modulus by 
group or phase velocity analysis. Group velocity is calculated from the axial displacement map using 
equations (5.6–5.8). The phase velocity curve is obtained by Fourier analysis. The maximum 
intensity of the phase velocity map is selected as the phase velocity curve, which is then fit to the 






5.4.4 Mechanical testing 
The gold standard for characterizing material properties is direct mechanical testing, 
which in most cases means that the material is compressed or stretched by a known force 
while the displacement generated in the material is measured. Similarly, one can apply a 
known deformation while measuring the force generated by the material to oppose this 
deformation. To validate the shear modulus values obtained by SWE and quantify the error 
introduced by the technique, the phantoms’ material properties, i.e. their shear moduli, 
were measured by mechanical testing and compared with the SWE results. The phantoms 
were tested under the same stress conditions as in SWE measurements. Specifically, the 
phantoms for the accuracy study were pressurized and prestretched in the same way 
during mechanical testing as they were during ultrasound measurements. Details on the 
mechanical tests for both the geometry study and the accuracy study can be found in 
Maksuti et al. [156] and Larsson [157]. An overview of the SWE setup for the accuracy 
study and the mechanical testing setup can be seen in Figure 5.15. 
 
 






5.4.5 Shear wave elastography and mechanical testing comparison 
For the geometry study, the difference between the shear modulus estimated using group 
velocity, phase velocity full bandwidth and phase velocity above 500 Hz, and the shear 
modulus measured by mechanical testing were compared with a zero-mean distribution 
using a one-sample t-test. For the accuracy study, the difference in shear modulus by SWE 
between the anterior and posterior walls was also tested with a one-sample t-test. 
Moreover, the errors between SWE measurements and mechanical testing were grouped 
for different pressure levels, number of F/T cycles and anterior or posterior wall, and 
compared using a paired-sample t-test to assess the presence of systematic errors. The 
statistical analysis was performed in MATLAB and data are expressed as means ± SD. A p-






6  Results 
 
The main results of the four studies are shown in this chapter. Additional results can be 
found in the articles in the appendix. 
Study I: Atrioventricular piston model 
The atrioventricular model output reproduced normal physiology in terms of magnitude 
and direction of changes of the pressure and flow variables in the different compartments 
of the model. Specifically, left ventricular pressure ranged from 8 to 130 mmHg, aortic 
pressure from 75 to 130 mmHg and left atrial pressure was approximately 8 mmHg, as can 
be seen in Figure 6.1. In addition, the AV-piston velocity in the model reproduced the three 
main features of the AV-plane velocity profile well as measured by ultrasound tissue 
velocity imaging (Figure 6.2), namely the peak systolic velocity s’, the peak early diastolic 
velocity e’ occurring during rapid filling and the peak late diastolic velocity a’ occurring 
during atrial contraction. 
 
 




Figure 6.2 – Comparison between the atrioventricular(AV)-plane velocity in a heathy 




The AV piston velocity was influenced by the magnitude of the systolic contraction force 
and by the difference in area between the atrial and ventricular piston sides. A reduction of 
the force by 10% produced a decrease in s’ and e’ of 11% and 13%, respectively. If A1 was set 
equal to A2, eliminating the hydraulic force, the velocity at mid diastasis decreased from 1.1 
cm/s to 0.4 cm/s. 
Study II: Demonstration and quantification of hydraulic forces 
The physical model of the left atrium and ventricle shown in Figure 6.3 illustrates the effect 
of hydraulic forces. The two chambers of the Plexiglas model are at the same pressure 
because of a cavity in the middle of the piston, which allows water to freely move from one 
chamber to the other. In Figure 6.3, the water column (a) is needed to generate a high 
enough pressure to overcome friction during the piston’s spontaneous displacement. In 
(b), the piston is manually moved toward the largest chamber while water is being 
relocated within the smaller chamber and the water column. This phase represents 
ventricular contraction. Once the piston is released, it moves back to its initial position 
under the effect of hydraulic forces (c). This phase represents ventricular filling. 
The geometry of the physical model can be compared to that of the left side of the heart as 
previously explained in relation to Figure 5.8. Similarly to the physical model, in the heart, 
the VSA must be larger than the ASA in order to generate a hydraulic force on the AV-plane 
acting in the apex-to-base direction. 
 
Figure 6.3 – Photographs of the physical model showing hydraulic forces in 
action. (a) Overview of the physical model connected to a water column for 
pressurization; (b) piston manually moved to mimic ventricular contraction; (c) 
piston moving under the effect of hydraulic forces – this is similar to what occurs 





In vivo measurements in heathy volunteers showed that VSA was greater than ASA during 
the largest part of diastole, enabling the creation of hydraulic forces that aid filling. This 
can be seen in Figure 6.4, where VSAEpi is larger than ASA during all of diastole and 
VSAEndo is larger than ASA for 75% of the diastolic phase. In addition, measurements of the 
cross-sectional areas for each individual during diastasis are reported in Table 6.1. VSA is 
greater than ASA for all subjects during diastasis, generating hydraulic forces in the range 
0.2–2.1 N when considering VSAEndo, and in the range 2.0–5.0 N when considering VSAEpi. 
The hydraulic force is therefore of the same order of magnitude as the estimated peak 
driving force during left ventricular rapid filling (5–10 N, see section 5.3.3). 
 
Figure 6.4 – Time-resolved atrial and ventricular short-axis areas in the left ventricle. The three 
curves represent the mean value for all subjects (n=10) for the corresponding area. Vertical lines 
denote end diastole (mitral valve closure), end systole (mitral valve opening), and mid diastasis. It 
can be noted that VSAEpi is larger than ASA for the entire duration of diastole, and that VSAEndo is 
larger than ASA for the majority of the duration of diastole. The error bars denote the standard error 
of the mean. 
 









with VSAEndo (N) 
Hydraulic force* 
with VSAEpi (N) 
1 15.3 22.7 38.2 1.0 3.1 
2 12.3 22.7 40.5 1.4 3.8 
3 11.9 16.5 27.2 0.6 2.0 
4 14.9 20.6 34.0 0.8 2.5 
5 24.3 26.4 52.1 0.3 3.7 
6 21.6 23.3 39.9 0.2 2.4 
7 14.9 23.8 38.8 1.2 3.2 
8 11.0 19.8 35.1 1.2 3.2 
9 12.3 28.1 50.1 2.1 5.0 
10 16.7 28.1 53.1 1.5 4.8 
                 *Assuming mean left ventricular diastolic pressure is equal to 10 mmHg. 
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Study III: Ventricular–arterial aging 
Simulations of the ventricular–arterial interaction model at different decades when only 
arterial aging and when arterial and cardiac aging combined are included are shown in 
Figure 6.5. The simulations are compared with population data. The comparison shows 
that when cardiac and arterial age-related changes are combined, simulated systolic and 
diastolic pressures better reproduce the trends shown in the population data. When 
performing a quantitative comparison, the normalized RMSE for the simulations with 
arterial and cardiac changes combined was lower than for arterial changes alone 
(5.1 vs 10.7%). 
The gray line in Figure 6.5 indicates the amplified systolic pressure introduced to account 
for aortic–brachial pressure differences. When this amplification is added, the model’s 
systolic pressure better reproduces the population data at young ages. At older ages, the 
amplified pressure underestimates the population data for arterial changes alone and 
overestimates the population data for cardiac and arterial changes combined. Also, when 
this amplification was included, the normalized RMSE for the simulations with arterial and 
cardiac changes combined was lower than for arterial changes alone (5.9 vs 7.7%). 
 
Figure 6.5 – Comparison between simulated arterial pressures and population data when 
considering arterial aging alone (left) and arterial and cardiac aging combined (right). The upper 
line represents the systolic pressure and the lower line the diastolic pressure in each figure part. The 








Study IV: Arterial stiffness by shear wave elastography 
An experimental setup including tissue-mimicking phantoms of different geometries, 
pressurized arterial phantoms and in-house software was developed to measure arterial 
stiffness by SWE. Shear modulus estimations were then validated by mechanical testing. 
The main results from the SWE geometry and accuracy study are presented in this section. 
Geometry study 
The comparison between the three shear modulus estimation methods (group velocity, 
phase velocity full bandwidth and phase velocity above 500 Hz) and mechanical testing 
showed that phantom/organ geometry significantly influences shear wave propagation and 
the estimation of mechanical properties (Figure 6.6). Group velocity analysis 
underestimated the shear modulus in all three confined geometries. In the plate phantom, 
phase velocity analysis considering the full bandwidth resulted in the best estimation, with 
no statistically significant difference from mechanical testing. For the solid cylinder, all 
methods were significantly different from mechanical testing but phase velocity analysis 
resulted in a more accurate shear modulus estimate than did group velocity analysis. For 
the hollow cylinder (arterial phantom), the analysis of phase velocity above 500 Hz 
resulted in the most accurate estimation (µ = 30.6 ± 3.2 kPa), with no significant difference 
from the reference value obtained by mechanical testing (µ = 30.5 ± 0.4 kPa). Comparison 
of the different shear modulus estimation methods with the gold standard measurement 
suggested that phase velocity analysis at high frequencies should be used to derive µ in 
hollow cylindrical geometries, e.g. in arteries. 
 
Figure 6.6 – Results from the geometry study. The p-value indicates the statistical significance 
between the different analysis methods and mechanical testing, with n= 12 (2 phantoms, 3 repeated 




Shear modulus obtained with SWE by phase velocity analysis at frequencies above 500 Hz 
and mechanical testing for pressurized arterial phantoms is shown in Figure 6.7. As 
expected, phantom stiffness increased with the number of F/T cycles and with increasing 
intraluminal pressure. SWE showed good agreement with mechanical testing at all 
different pressure levels and number of F/T cycles with a mean absolute error of 
5.6 ± 4.1 kPa, corresponding to a relative error of 8.8 ± 6.0%. The relative error did not 
vary significantly between measurements when grouped for different values of 
intraluminal pressure, F/T cycles and measurement location in the anterior or posterior 
wall. This implies that significant systematic errors where not present. 
 
Figure 6.7 – Results from the accuracy study. Shear wave elastography (SWE) values are estimated 







7  Discussion 
 
The application of engineering principles to medicine has only been recognized in the last 
few decades as a separate field of research, namely biomedical engineering. However, 
history offers many examples of engineering work combined with medicine, as 
demonstrated by, among others, Leonardo da Vinci, William Harvey and Arthur Guyton. 
The human body is a physical system and can therefore be studied in engineering terms. 
Furthermore, well-designed medical devices can characterize, enhance or substitute some 
of the human body’s functions. However, biology in general presents a higher level of 
complexity than engineering because of the high interpersonal variations and the large 
number of chemical and physical interactions occurring simultaneously in the human 
body. Therefore, the field of biomedical engineering faces many challenges. 
The aim of cardiovascular imaging and modeling, which is also the aim of this thesis work, 
is to help clinicians and the medical devices industry to better understand the mechanisms 
involved in cardiovascular pathophysiology, in order to improve cardiac diagnostic 
procedures, devices design and their interaction with the cardiovascular system. 
Cardiovascular pathophysiology still has many unresolved issues that can be addressed via 
an engineering approach. In particular, mechanisms involved in cardiac mechanics, more 
specifically in diastolic ventricular filling, are being investigated extensively in current 
cardiovascular research [28,29,49,158–161] and were addressed in the first two studies of 
this thesis. Studies I and II described the contribution of hydraulic forces to ventricular 
filling, which to my knowledge has not been quantified systematically previously. This was 
done by modeling cardiac function as a piston pump with the AV plane as a piston unit and 
by assessing the prerequisites for the generation of hydraulic forces in vivo in magnetic 
resonance images. The heart works in close connection with the vascular system and 
therefore the arterial–cardiac interaction must be taken into account when evaluating 
cardiac function. Study III exemplified and quantified the contribution of the heart and the 
arterial system to blood pressure changes with age. Increased arterial stiffness has been 
shown to be an independent risk factor for cardiovascular events [73,162] and is one of the 
main causes of blood pressure changes during aging [36], as confirmed by the results in 
Study III. However, commercially available techniques for measuring arterial stiffness 
suffer from several limitations [115,163] and therefore new techniques are being 
developed [21]. In Study IV, the ultrasound-based technique SWE was further developed 
for measurements of arterial stiffness and validated against a reference method. SWE has 
the potential to measure arterial stiffness locally and multiple times during the cardiac 
cycle. 
During this thesis work, ultrasound imaging and MRI were chosen as suitable imaging 
modalities since they do not make use of ionizing radiation and are therefore suitable for 
initial diagnostic purposes and screening of heathy volunteers in basic research. In the 
following paragraphs, the main outcomes and implications of the four studies will be 
described, followed by a general discussion about the limitations of the methodology. 
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7.1 Hydraulic forces and cardiac function 
7.1.1 In silico:  modeling 
The cardiac model developed in Study I offers a novel approach to cardiac modeling. The 
model is based on physiological observations rather than predefined mathematical 
functions derived from experimental measurements. The advantage of this approach is 
that it reproduces both the desired outputs and aids understanding of the underlying 
physical principles of cardiac mechanics. The major use of the model in Study I was to test 
whether the pumping function by longitudinal movements of the AV plane could be a 
relevant mechanism in cardiac pumping. The model reproduced physiological pressure 
outputs well (Figure 6.1), both in terms of magnitude and direction of changes, supporting 
the hypothesis that longitudinal function and hydraulic return are significant contributors 
to cardiac pumping. In addition, the model was able to reproduce atrioventricular plane 
velocity curves (Figure 6.2). Few previous models have addressed AV interactions per se, 
but have considered the AV-plane motion as a local phenomenon [164] or assumed that 
atrial and ventricular cross sections are equal [165]. A recent 3D model studied the effect of 
boundary conditions, in particular of the presence of the pericardium, on AV-plane 
displacement magnitude [166]. To my knowledge, no model in the scientific literature has 
addressed and modeled AV-piston motion as the main source contributing to cardiac 
pumping function. 
All models are simplified abstractions of reality and can only reproduce part of a system’s 
behavior. This necessarily applies also to the cardiac model suggested in this thesis. When 
more closely analyzing the model output, the following two observations can be made: the 
peak early systolic velocity e’ occurs before mitral valve opening, which does not 
correspond to what happens in the real heart where e’ occurs immediately after mitral 
valve opening; and the AV piston does not reach an equilibrium position during diastasis. 
These observations suggest that a more accurate modeling of myocardial mechanical 
properties and elastic recoil are necessary to accurately reproduce timing of the main 
cardiac events. Specifically, the myocardium was modeled with a constant compliance 
value throughout the heart cycle (further explanation below), which is an incorrect 
assumption, given that the myocardium becomes much stiffer during the contraction phase 
than it is during diastole. Additionally, no elastic recoil was included in the piston unit. 
These simplifications were motivated by the intention to develop a linear model, with the 
minimum number of parameters necessary to capture and describe the contribution of 
hydraulic forces alone. The aim was therefore not to fully reproduce cardiac mechanics in a 
single complex and comprehensive model. Additionally, faults can more easily be 
identified in simple models. The main advantage of increasing model complexity could be 
the ability to better differentiate the contribution of the different factors affecting the 
system’s dynamics. However, there is a risk inherent in complex models related to the large 
number of parameters, which give rise to parameter identification problems and 
complicates the validation process. 
Another simplification in the model was the absence of passive tension [30], which 
prevents the myocardium from stretching excessively. In the model, if there is a difference 





and no other force impedes this movement. This implies that the AV piston does not reach 
any equilibrium position and keeps moving toward the atrium until the next ventricular 
contraction starts. 
Ongoing work aims at integrating elastic recoil and passive forces into the model, by e.g. 
adding a spring to the piston unit. This spring would represent both elastic recoil, when 
compressed, and passive forces, when stretched. By adding this component, the AV-piston 
reaches equilibrium if diastasis is sufficiently long. 
Parameter selection is a complex task in cardiovascular modeling since most 
cardiovascular parameters cannot be measured directly. Increasing the number of 
parameters in a model substantially increases the complexity of the parameter selection 
process. This may result in arbitrary and empirical choices that can influence the model’s 
output in unpredictable ways. Even for simpler models, such as the Windkessel model, a 
unique and physically consistent parameter selection can be challenging to achieve [140]. A 
possible solution is to use a systematic approach and define parameters’ values based on 
theoretical assumptions and the system’s geometry [10]. Another interesting approach is to 
implement adaptation rules based on known physiological control mechanisms present in 
the cardiovascular system that automatically assign parameter values [167]. In this thesis, 
a combination of these approaches was used. In Study I, the parameters of the AV-piston 
model were based on literature findings and theoretical assumptions. In Study III, the 
arterial changes were based on literature values and cardiac changes were based on 
adaptation rules. 
The theoretical assumptions used to derive the parameters of the AV-piston model (Figure 
5.4) in Study I will be now briefly described. Concerning the vein compartment, given that 
the compliance of the entire circulation is approximately 170 mL/mmHg [139], the 
systemic venous compliance was assumed to be in the order of 50 mL/mmHg. Atrial and 
ventricular compliances were chosen as constant and equal to 0.3 mL/mmHg. The reason 
for choosing a constant compliance was, as previously mentioned, to keep the model as 
simple as possible with the aim of investigating only the hydraulic force effect, and not that 
in combination with myocardial complex mechanics. Chamber compliance was also needed 
for numerical reasons—a completely stiff chamber would have resulted in numerical 
instability and output oscillations. The constant compliance value was chosen to be equal 
to the minimum compliance (or maximum elastance) in the time-varying elastance model 
[10,137], which represents the maximum chamber stiffness. An increase/decrease of 20% 
in the constant value of atrial compliance had very little influence on output variables in 
the AV-piston model. The same change in the constant ventricular compliance slightly 
influenced mitral flow and duration of isovolumetric phases. However, it should be noted 
that in the AV-piston model, most of the volume changes in the cardiac chambers are 
caused by movements of the AV piston rather than by changes in the compliance as 
described by the time-varying elastance model. Therefore, a direct comparison of the two 
approaches is difficult to make. Finally, resistance to flow in the valves was set to a 
constant value in order to generate the maximum pressure drop across the valve reported 




7.1.2 In vitro: physical model 
The physical model constructed in Study II served to illustrate in a simple and intuitive 
way the effect of hydraulic forces on a hollow piston with different areas (Figure 6.3). This 
is similar to what occurs in the human heart when the atrial cross section is smaller than 
the ventricular cross section, and there is a negligible pressure difference between the two 
chambers. 
7.1.3 In vivo:  left atrial and ventricular short-axis areas 
Measurements of short-axis areas by MRI in healthy volunteers showed that VSA is larger 
than ASA for almost all of diastole (Figure 6.4). VSA was measured when both including 
and excluding the LV myocardium. The rationale for excluding the myocardium is that the 
blood is in direct contact with the endocardial border. The rationale for including the 
myocardium is that the interstitial pressure within the myocardium [168] and possibly the 
blood pressure in the coronary arteries, which is highest during diastole, may generate 
intramyocardial erectile hydraulic forces that contribute to filling [34,35]. When 
considering the myocardium in the measurement of VSA, VSA was greater than ASA for 
the entire duration of diastole. The largest difference between VSA and ASA occurs during 
diastasis, when the transmitral pressure gradient present during early filling has evened 
out [169]. Therefore, the difference in short-axis area between the two cardiac chambers 
represents the basis for the generation of a hydraulic force pushing the AV plane toward 
the base of the heart. This implies that the hydraulic force aids LV lengthening during 
diastole and facilitates LV filling. The hydraulic force reaches its maximum intensity 
during diastasis, when elastic stored energy has already been consumed. This mechanism 
is therefore complementary to elastic recoil, which is predominant during rapid filling in 
early diastole. The comparison between hydraulic forces and the previously estimated peak 
driving force shows that they are of similar magnitude. Based on the results of Study II and 
on other known mechanisms of diastolic filling that act on a molecular level (see 
section 4.1.1), the forces acting during diastole can be summarized schematically as in 
Figure 7.1. These results bring new insights to diastolic function and have important 
clinical implications. Specifically, they suggest that the macroscopic geometry of the atrium 
in relation to the ventricular geometry is important for an effective filling of the left 
ventricle. Notably, atrial enlargement is a typical sign of elevated filling pressure and 
diastolic dysfunction [170]. In addition, an increase in left atrial size is a risk factor for 
atrial fibrillation and thrombus formation, as well as an indication for negative prognosis 
in heart failure [171]. Nevertheless, the mechanisms generating the enlargement of the 






Figure 7.1 – Schematic representation of the forces acting during left ventricular filling. Restoring 
forces, passive tension and incomplete relaxation act on a molecular level within the myocardium. 
The hydraulic force is generated on a macroscopic level and is a consequence of the diastolic blood 
chamber pressure acting on the anatomic surfaces of the heart. 
 
In clinical practice, atrial long-axis area is a diagnostic index of diastolic function [96], 
whereas the short-axis area is not usually measured. The physics behind the hydraulic 
force generation suggest that ASA, in relation to VSA, is a particularly important index for 
diastolic function assessment. If the sensitivity and specificity of short-axis area 
measurements are confirmed by future clinical studies, this might have a significant impact 
on both recommendations for diastolic function assessment and in cardiac surgery, where 
a reduction in atrial size could be complementary to other invasive interventions in 
treating impaired diastolic function. 
7.1.4 Additional implications of longitudinal pumping 
An incorrect mental model of the deformation pattern of the heart in situ, such as a 
pumping action achieved by squeezing, generates misunderstandings that might have 
negative outcomes on, e.g. the interpretation of medical images, the design of medical 
devices [172] and the modeling of cardiac function [173,174]. The heart’s pumping 
mechanism is still described as a squeezing action with large volume changes in many 
physiology books [57,175], during physiology classes and in cardiac illustrations and 
animations (the reader is invited to search the web for images and videos of “the cardiac 
cycle”), despite the fact that the constancy of total heart volume is well known within the 
research community and is clearly visible in medical images (Figure 4.12 and Figure 4.15). 
However, neither these research outcomes nor the medical images are easily available to a 
large public and their interpretation is less straightforward than colorful and nicely drawn 
medical animations. Therefore, an effort should be made to more effectively spread what is 
already known in the research community to the general public, including students, 
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healthcare professionals and engineers in the medical technology industry. Study I shows 
an example of how knowledge of longitudinal cardiac pumping can be integrated into 
cardiac models. Study II shows how this knowledge can be used to generate hypotheses 
about forces involved in diastolic filling and how the preliminary modeling work could 
guide in vivo studies. Additionally, based on the knowledge generated during this thesis 
work four important implications can be identified that derive from the awareness of 
cardiac longitudinal pumping as opposed to a squeezing mechanism (Figure 4.5). These 
implications will be briefly described below. 
The flow through the valves measured by Doppler ultrasound does not perfectly 
correspond to the flow through the valve leaflets, since the cardiac valves are attached to 
the moving AV plane. Therefore, there is a relative motion of blood with respect to the 
leaflets that is not captured by the Doppler signal, which measures the movement of blood 
with respect to the transducer. This implies, for instance, that blood can be relocated from 
the atria to the ventricles without actually moving with respect to the transducer—the 
valves themselves move while the ventricles lengthen. Valve motion is in the range of 1–2 
cm and is therefore not a negligible contribution. 
Measurements of mitral annulus excursion, often referred to as mitral annular plane 
systolic excursion (MAPSE) [176], and tricuspid annulus displacement, often referred to as 
tricuspid annular plane systolic excursion (TAPSE) [177], are not only local myocardial 
measurements but are rather the sum of the longitudinal displacement from the apex to 
the AV-plane region [178], since the apex is fixed in the longitudinal direction. Therefore, 
MAPSE and TAPSE can be considered as global measures of ventricular systolic and 
diastolic function [178]. Furthermore, MAPSE and TAPSE are tightly related to AV-plane 
displacement measurements since both the mitral and tricuspid valves are located in the 
AV plane. 
Another implication of longitudinal pumping concerns open-heart surgery. An important 
prerequisite for preserving the total heart volume and enabling longitudinal pumping is 
that the pericardium is intact, limiting large cardiac volume changes [13,46,47]. During 
heart surgery, the pericardium is cut and usually not sewn together again before closing the 
chest. This implies that myocardial displacement patterns and hemodynamics in patients 
undergoing open-heart surgery vary from other less-invasive innervations and from before 
the intervention [179]. This occurs because of the positive effect of the intervention itself, 
such as, e.g. valve replacement or improvement of coronary arterial blood supply, but also 
because of the reduced constraints caused by the open pericardium, which might produce 
negative effects on cardiac mechanics. Notably, reduced longitudinal function after open-
heart surgery is a known phenomenon, particularly on the right side of the heart [179]. 
However, the underlying mechanisms causing this reduction and abnormal septal motion 
remain unclear [179–181]. Clinical studies where the pericardium is sewn together at the 
end of open-heart surgery are therefore appropriate, although it should be taken into 
account that pericardial closure may in the short term result in an increased risk of 
postoperative cardiac tamponade, i.e. accumulation of blood in the limited pericardial 
space. 
Medical devices or prostheses such as percutaneous valves with integrated stents are 





pulmonary outflow tracts are attached to the AV plane and undergo a much more complex 
deformation pattern than simple radial expansion. Data show that these devices are prone 
to rupture [182] and that more accurate patient-specific deformation patterns and 
modeling are useful in predicting fracture location [172]. 
7.2 Cardiovascular aging 
Aging is a complex process that is difficult to describe and predict systematically. However, 
some key factors that drive the most significant changes can be identified. This can help 
find targets to aim for so as to delay or reduce the negative effects of aging. The aim of 
Study III was to focus on the biomechanical interactions between the heart and the 
vascular system. The common understanding is that arterial changes, such as an increase 
in arterial stiffness and increase in vascular peripheral resistance, can explain blood 
pressure changes with age [36]. Compensatory hypertrophy is well known, but despite this, 
the role of the heart in blood pressure changes is often not taken into account. Simulation 
results compared with longitudinal population data showed that also the heart, and not 
only the arterial system, contributes to the blood pressure changes with age. Notably, 
simulations with arterial changes alone did not properly reproduce the population data. 
When cardiac changes where included, the agreement between simulations and population 
data improved (Figure 6.5). The changes in arterial properties were assumed to initiate the 
blood pressure changes. Cardiac remodeling followed, further contributing to the 
development of blood pressure. 
Both an increase in arterial stiffness and an increase in cardiac contractility, as a 
consequence of hypertrophy, produce a systolic pressure increase. On the other hand, an 
increase in Eed produces a decrease in systolic and diastolic pressure. The combination of 
these parameter changes allowed a stable solution for each age decade to be reached that 
respected both the rules set for the parameter selection (Figure 5.6). However, in the real 
cardiovascular system, these changes occur continuously and are not discrete events. This 
implies that once this vicious cycle is initiated, blood pressure development continues until 
it turns into hypertension. Treating arterial stiffness might therefore prevent hypertrophy, 
reducing the risk of further hypertension. Notably, the most effective drugs for treatment 
of hypertension act on mechanisms that involve both the heart and the arterial system. For 
instance, beta blockers have the effect of reducing heart rate and contractility, which 
corresponds to a reduction of Ees in the model, and therefore a reduction in systolic 
pressure. Angiotensin-converting enzyme inhibitors and angiotensin receptor blockers 
inhibit the renin–angiotensin system, causing an immediate vasodilatation and reduction 
of both cardiac and vascular remodeling in the long term. The effects of these drugs are 
therefore useful to limit or slow down the vicious cycle of cardiac remodeling induced by 
increased systolic pressure (Figure 5.6). 
It still remains unclear which vascular changes occur first—whether it is the increase in 
arterial stiffness or in peripheral resistance. Arterial stiffness increases because of the 
fatigue and fracture of elastin within the arterial wall and consequent transfer of stress to 
the stiffer collagen [36,183]. Structural and functional changes of the peripheral 
vasculature may be the cause of the resistance increase with age [184]. However, this could 
also be the result of a regulatory mechanism to maintain coronary perfusion, given that 
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coronary arteries fill with blood during diastole and an adequate pressure level in the aorta 
during this phase is necessary to guarantee coronary flow. During aging, the increase in 
arterial stiffness causes systolic pressure to increase and diastolic pressure to drop. At the 
same time, an increase in peripheral resistance causes both systolic and diastolic pressure 
to rise. Therefore, the increase in resistance has, on the one hand, the negative effect of 
increasing systolic pressure, but, on the other hand, the positive effect of preserving the 
diastolic pressure necessary for coronary perfusion. 
Modeling and simulations done in Studies I and III were found to provide a useful tool for 
understanding cardiovascular physiology and testing hypotheses difficult to assess with 
clinical studies. Another important advantage of simulations is the low cost, both in 
economic terms and in terms of the time needed to carry out the study. Clinical evidence 
from, e.g. randomized clinical trials, remains the most reliable source of information when 
developing new treatments, but simulations and an understanding of the physical 
principles can be powerful tools to integrate existing knowledge and can guide future 
clinical studies. 
The approach used in Study III for normal aging can be applied to pathological conditions 
or gender-specific differences in blood pressure changes, when enough data on arterial 
parameters and cardiac remodeling are available. Additionally, physiological and 
pathological changes in diastolic myocardial stiffness could be included in the model. SWE 
of the myocardium has the potential to be able to provide this type of information [24]. 
7.3 Arterial shear wave elastography 
Given the impact of arterial stiffness on blood pressure and on cardiovascular health, 
quantitative methods for arterial stiffness measurements are of high importance. In 
Study IV, in-house SWE analysis software was developed and used to validate the 
technique for arterial application. Results show that SWE, with a suitable wave 
propagation analysis, was capable of accurately measuring stiffness in arterial phantoms 
with a 10% relative error when compared with mechanical testing. In particular, the 
geometry study showed that phase velocity analysis at high frequencies (>500 Hz) should 
be used in arterial-like geometries. Notably, group velocity analysis, which is the only 
analysis method currently available in commercial devices, largely underestimated the 
shear modulus in confined geometries such as the artery (Figure 6.6). These results are of 
particular relevance, as clinical studies reporting elastic modulus values in arteries based 
on group velocity analysis have been reported [185]. The clinical value of measuring shear 
wave group velocity in arteries still remains to be assessed, but results from Study IV 
clearly show that the elastic shear modulus was largely underestimated when using group 
velocity analysis. Estimating the Young’s modulus requires additional assumptions such as 
homogeneity, isotropy and incompressibility and therefore the accuracy of the Young’s 
moduli obtained by SWE and group velocity analysis in arteries can be questioned. Clinical 
scanners can be set to display group velocity values instead of elastic modulus and this 
would be recommended, since velocity is the physical quantity actually measured by the 
ultrasound scanner and could have potential clinical value despite not being able to 
quantify the tissue’s mechanical properties. It can be noted in equation (4.4) that there is a 





differences in shear modulus, and correspondingly in the Young’s modulus reported by the 
commercial devices, are largely amplified compared with the initial speed measurements. 
When it is desired to quantify mechanical properties in terms of shear modulus, more 
accurate models are needed to relate the speed measurements to the shear modulus. 
Figure 6.6 shows that phase velocity analysis and a plate model could quantify the 
mechanical properties of arterial phantoms. 
SWE was tested using phase velocity analysis and a zero-order antisymmetric plate model 
submerged in water, as previously suggested by Bernal et al. [16]. To the author’s 
knowledge, an accuracy study of phase velocity analysis was missing in the literature. 
Therefore, a validation of the previously suggested method by comparison with mechanical 
testing was needed before further applying the method in ex vivo or in vivo settings. 
Results from this study showed good agreement between the shear modulus measured by 
SWE and mechanical testing, at all different pressure and phantom stiffness levels (Figure 
6.7). The absolute error between the two techniques was 5.6 ± 4.1 kPa in the evaluated 
stiffness range of 40–100 kPa. Therefore, the study represents a further step toward the 
clinical applicability of arterial SWE. 
Phase velocity analysis offered a better estimation than group velocity analysis in the 
confined arterial geometry. However, the use of a plate model is a simplification of the 
actual arterial geometry and can, as demonstrated, only be used at higher frequencies. 
Specifically, the experimental dispersion curve in the hollow cylinder differs from that in 
the plate model, mainly at low frequencies [16,17]. In the phantom setup, the two 
dispersion curves converged at frequencies above approximately 500 Hz, suggesting that 
only high frequencies should be used when assessing the accuracy of arterial SWE. This is 
explained by the fact that, at high frequencies, the wavelength of shear waves is smaller 
than the arterial wall thickness and therefore the curvature of the cylinder can be 
approximated to that of a plate [17]. The cutoff at 500 Hz was chosen based on 
experimental observations in the arterial phantoms. Ongoing work aims at assessing how 
phase velocity dispersion is influenced by arterial geometry and stiffness, in both phantom 
and simulation experiments. Experimental and simulation results show that thickness 
influences dispersion more than diameter does. In particular, an underestimation in wall 
thickness of 0.1−0.2 mm introduces an error of 4−9 kPa in the estimated shear modulus of 
21−26 kPa [186]. Arterial thickness should therefore be measured in arterial SWE with an 
accuracy of 0.1 mm, which is the pixel size in the Aixplorer system. The influence of 
diameter is negligible above a certain frequency, depending on the arterial stiffness and the 
diameter itself. These results suggest that the use of a plate model at high frequencies is 
justifiable for arterial applications and that a suitable cutoff frequency should be identified 
for arteries in vivo. The choice of the cutoff frequency is a trade-off between (i) obtaining 
the large bandwidth needed to obtain repeatable results [187] and (ii) being able to 
approximate the cylindrical geometry with a plate model in the selected frequency range. 
Although the SWE accuracy assessment was performed on arterial phantoms, measured 
shear moduli (range 40−100 kPa) are in agreement with data previously obtained in 
porcine carotid artery (range 24–45 kPa) [16] and in a healthy individual during diastole 
(80 ± 10 kPa) [17]. However, arterial stiffness varies in a wide range of elastic shear 
modulus values, from a few kilopascals to hundreds of kilopascals [188,189]. Additional 
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investigations with harder phantom material or ex vivo arteries should be carried out to 
fully assess SWE performances for arterial applications. 
Other aspects such as anisotropy, viscosity and effect of surrounding tissue might cause 
errors in the shear modulus estimation. Concerning anisotropy, SWE has been applied in a 
feasibility study on equine aortic tissue under dynamic uniaxial loading with the 
ultrasound probe placed at different orientations [190]. The analysis was based on group 
velocity and the authors reported Young’s modulus values significantly higher than those 
retrieved with mechanical testing, suggesting the need for a more adequate model for 
accurate modulus estimation. The comparison with the reference method could also be 
done by converting the modulus retrieved from mechanical testing to the corresponding 
shear wave speed according to (4.4) and comparing the SWE-based speed with the 
equivalent mechanical testing speed. Nevertheless, the study illustrated the feasibility of 
using SWE to detect differences in stiffness depending on arterial wall fiber orientation 
with respect to the ultrasound transducer. Fibers in large arteries are mostly oriented in 
the circumferential direction [191] and therefore imaging shear wave propagation along the 
cross section of the artery might be of clinical relevance. After ARF generation, shear waves 
travel along the circumference of the artery [192], but tracking wave propagation with a 
single transducer might not be sufficient since it only provides the axial velocity 
component [193]. Viscosity does also influence dispersion [194,195] and could provide 
clinically relevant information in arterial function assessments. However, the pros and 
cons of further complicating the wave propagation model used to derive the mechanical 
properties should be carefully evaluated in feasibility studies. A complex model requires 
many input parameters, which may vary between patients and which cannot always be 
measured. Adding complexity could therefore make the technique less robust and less 
reproducible. 
One of the advantages of SWE is that it can be implemented in a standard ultrasound 
system and does not require a dedicated device. Reference values for changes in arterial 
shear modulus that are of clinical relevance have not yet been established. Such values 
would be useful in determining the resolution needed in arterial SWE applications to 
distinguish between different pathological conditions. Atherosclerotic plaque 
characterization is another relevant arterial SWE application, which offers many 
challenges because of the heterogeneity of the plaque [196]. 
7.4 General limitations 
The methodologies used in this thesis work have some limitations. First, modeling is a 
simplification of reality and therefore cannot fully capture the system’s behavior. In the 
AV-piston model, many nonlinear interactions between the system’s components were 
neglected and all parameters were considered constant over time, despite the fact that they 
are known to change throughout the cardiac cycle. This was done with the aim of keeping 
the complexity of the model low and the parameter selection task simple. For instance, the 
atrial and ventricular short-axis areas were kept constant despite results from Study II 
showing that they vary with time. For this reason, a quantitative comparison of the model 
output with clinical data cannot be carried out. Figure 6.2 represents a qualitative 





captured by the model. The model in Study I can be seen as a framework to be further 
developed with other parameter choices, which could include time-varying short-axis 
areas. Additionally, more realistic myocardial mechanical properties should be included. 
Similarly, the model in Study III cannot fully capture all factors influencing blood pressure 
with age. These also depend on the fact that blood pressure varies, even among healthy 
individuals of the same age, as shown by studies reporting different normal blood pressure 
values [72,197]. Similarly, contradictory results can be found for cardiac output variation 
with age [143,198]. Despite these limitations, the model was able to capture the commonly 
accepted trends of blood pressure changes with age and highlighted the important 
contribution of the heart. 
The medical imaging techniques used in this thesis work also have limitations worth 
mentioning. In particular, the low time resolution is one limitation of MRI that is relevant 
when imaging moving organs such as the heart. This resulted in the fact that the time-
resolved slices analyzed in Study II were not acquired during the same heartbeat, but were 
averaged over different heartbeats. Cardiac chamber volumes and heart rate can vary 
between heartbeats, but heart rate changes are less than 25% in healthy individuals at 
rest [199]. The comparison between hydraulic forces and previously measured peak driving 
forces was a rough approximation of both. Methods for more precisely quantifying these 
two forces are not available with current technology and are challenging to develop because 
the tangible effect of the two forces is similar, i.e. they both aid LV filling. 
The myocardium is constituted of blood, which is a liquid; muscle fibers, which are 
organized as an anisotropic solid; and a variable amount of interstitial connective tissue. 
This complex structure makes it challenging to define the hydraulic forces acting within the 
myocardium and the stress distribution generated along the muscle fibers. Therefore, 
including the myocardial cross section in VSAEpi is a simplification of the real in vivo 
scenario. A method for including the contribution of the LV myocardium in the hydraulic 
force calculation still remains to be developed. Three-dimensional finite element modeling 
of the total heart can possibly help in clarifying this issue in the future. 
The number of subjects participating in Study II (n=10) was limited, but sufficiently well-
powered for a proof-of-concept. Notably, the difference between VSA and ASA was 
statistically significant. Larger clinical and modeling studies are needed to determine the 
significance of hydraulic forces in diastolic physiology and pathology. 
SWE was tested on homogeneous, static, pressurized arterial phantoms, which are a 
simplification of real arteries. Arteries are heterogeneous, anisotropic and dynamic organs 
and therefore SWE application in vivo might be more challenging than in the experimental 
setup presented in Study IV. Despite this limitation, a controlled setup offers the advantage 
of being able to control variables that can influence the measurements. Additionally, in a 
laboratory environment it is possible to change significant variables one by one, such as 
pressure or arterial stiffness. Finally, the motion of the artery might influence SWE 
measurement. This is not a critical limitation since a single SWE measurement requires a 
few milliseconds, which is much shorter than the duration of the heart cycle 
(approximately 1 s). The technique is therefore capable of measuring arterial stiffness 









8  Conclusions 
 
The studies presented in this thesis generated new knowledge about cardiac function and 
developed novel methods for quantifying blood pressure changes with age and for 
measuring arterial stiffness. Results suggest that cardiac pumping function can to a large 
extent be explained by internal longitudinal movements and that hydraulic forces 
contribute to the displacement in the apex-to-base direction of the AV plane. Additionally, 
results show that both the heart and the arteries contribute to the blood pressure changes 
during aging and that arterial stiffness, which initiates blood pressure changes, can be 
accurately measured in arterial phantoms by SWE. This validation represents an important 
step toward clinical applicability of SWE. The specific conclusions for each of the four 
studies included in this thesis are summarized below. 
Study I The suggested cardiac model generated realistic pressure output and 
AV-piston velocity profiles. The agreement between the simulation and 
normal physiology supports the hypothesis that the heart functions by 
means of longitudinal motion of the AV plane, which can be considered as a 
piston unit generating reciprocal blood volume changes while keeping the 
total heart volume approximately constant. 
Study II The difference in short-axis area between the LV and LA demonstrates that 
a hydraulic force acts on the AV plane during LV diastolic filling. This force 
is a consequence of cardiac anatomy and assists the movement of the AV 
plane during diastole. A comparison of the hydraulic force with elastic 
restoring forces indicates that they are of the same order of magnitude. This 
emphasizes the importance of atrial chamber size in relation to the 
ventricular size in the assessment of diastolic function. 
Study III The study showed that both the arterial system and the heart contribute to 
systolic and diastolic blood pressure changes in normal aging 
(20−80 years). The increase in arterial stiffness and vascular resistance 
initiate the systolic pressure increase. As a consequence of this, a cardiac 
remodeling process starts, further augmenting the systolic pressure and 
mitigating the decrease in diastolic pressure. 
Study IV The study showed that SWE can accurately measure stiffness in arterial 
phantoms if phase velocity analysis is used, with an average relative error of 
8.8 ± 6.0% when compared with mechanical testing. Moreover, group 
velocity and the infinite medium assumption currently implemented in 
clinical devices incorrectly estimated shear modulus values in confined 
geometries such as arteries. Shear modulus estimated using group velocity 











9  Future work 
 
Results from the studies presented in this thesis contribute to our understanding of cardiac 
pumping function and cardiovascular physiology, and suggest new methods for measuring 
arterial stiffness. The main findings related to hydraulic forces contributing to LV filling 
pave the way for further studies aimed at better characterizations of diastolic function. 
First, the clinical usefulness of measuring atrial and ventricular short-axis areas should be 
evaluated. Second, the relationship between the peak diastolic velocity and displacement of 
the mitral annulus to ASA and VSA could be assessed. Third, methods and models for 
measuring elastic restoring forces and hydraulic return could be developed. Additionally, 
to further assess the importance of hydraulic forces, animal studies with acute changes in 
atrial size, while preserving left ventricular myocardial properties and dimensions, could 
be performed. Reducing left atrial size during cardiac surgery is also an option that could 
be explored as adjunct therapy in mitral valve disease and atrial fibrillation. Finally, the 
existence and importance of longitudinal cardiac function should be more effectively 
communicated to students and to professionals who develop medical devices that interact 
with the cardiovascular system. 
The suggested cardiovascular aging modeling could be applied to specific patient groups to 
identify the main driving factors generating specific blood pressure patterns. This could 
possibly influence the choice of drug therapies. In addition, the rule for changes in Eed 
could be refined, taking into account more complex remodeling processes such as fibrosis. 
In particular, myocardial SWE might provide diastolic myocardial stiffness information. 
Additionally, the collection of more data on ventricular dimensions and diastolic filling 
pressure during normal aging would allow for a more accurate modeling of left ventricular 
stiffening. 
Arterial SWE could be clinically applied in the near future. However, before the technique 
is recommended in the clinical setting, a safety study including pressure mapping during 
acoustic radiation force generation should be conducted. Furthermore, a critical review of 
the major error sources in arterial SWE should be performed to identify the factors that 
still need to be addressed before the technique can be reliably applied to measure arterial 
stiffness. Additionally, the sensitivity of SWE in detecting arterial stiffening could be 
assessed in vivo in a pilot study including healthy volunteers of different ages. In such a 
study, the acquisition should be ECG-triggered to keep track of the cardiac cycle phase. 
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